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Preface 


Diagnostic Nuclear Medicine is mainly based on obtaining images that represent the radiation 
emitted by a radiopharmaceutical inside a patient. Nuclear Medicine is a transversal speciality, 
i.e. it uses knowledge from multiple disciplines that are very different from each other, such as 
Radiophysics and Physiology, as shown in the figure. 


Radionuclide 


Nanotechnol 
Production 7 oeY 


Receptor 
Interactions 


Theranostics Metabolomics 


Statistical 
Gene Expressic , Mapping 


MR Spectroscopy 


Outline of transversality in Nuclear Medicine (Bailey 2014" ) 

On the other hand, its dependence on instrumentation and computation to obtain images of 
diagnostic utility is particularly delicate and not easy to master because of the multiple aspects 
involved as shown in the figure above. 

This is not a book: it is a set of notes, or rather the transcription of imaginary lectures, whose 
purpose is to present and explain those physical, technical and computational aspects that | 
have found of interest to nuclear medicine professionals (physicists starting out in this field, 
technicians, and to a lesser extent specialist doctors or doctors in training, radiopharmacists...) 
who wish to learn more about the equipment that is routinely used. It is a collection of topics 
selected thanks to the experience acquired during more than thirty years as a physicist entirely 
dedicated to nuclear medicine. It is by no means a textbook, nor is it intended to cover all 
aspects. Some topics are omitted and some others are only briefly mentioned or quoted, as 
they are perfectly explained in books on physics and instrumentation in nuclear medicine or in 


: Bailey D.L. Thirty years from now: future physics contributions in nuclear medicine. EJNMMI Physics 
2014, 1:4 
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those first chapters of books on nuclear medicine that are generally not read with sufficient 
attention. On the other hand, the great "taboo" subject of filters was explained in a book that 
is freely available on the internet since 2019” . 

The guideline of the presentation is to start with the basics, such as radioactivity and activity 
measurement, and gradually progress to the more elaborate, such as obtaining tomographic 
studies. Accordingly, the text is organised into the following sections: radioactivity, nuclear 
medicine equipment without imaging, nuclear medicine equipment with imaging, patient 
interaction with radiation, multimodal or hybrid nuclear medicine equipment, matrix 
formation and visualisation, and finally, study formation. Each section is made up of chapters 
and each chapter includes the bibliography used in its preparation. 

The further processing phase, such as the use of compartmental models in dynamic studies or 
parametric statistical methods for image comparison have not been considered, as the 
purpose is to explain the formation of studies, not their further processing, which would be a 
subject for another "book" of notes! 

The topics are treated in a descriptive way, with little mathematical development, only that 
which is necessary to clarify or explain concepts. On the other hand, it is assumed that the 
reader already knows the basics of Nuclear Medicine, so no basic notions of Nuclear Medicine 
are explained. 

The more technical details and explanations have been grouped in the annexes (especially 
dedicated to physicists and that can be “jumped” without “penalties”) so that the main text 
mentions the detectors that constitute the equipment and not their detailed description which 
is in the annexes. In these annexes | have tried to include infomation that is explained in many 
sources no always easely available. 

This text is intended to convey, in a way, my experience in the field of the use of nuclear 
medicine equipment. Unfortunately, | do not have the same experience with PET scanners as 
with other equipment, so the comments do not have the "background" that they would have if 
| had worked extensively with PET scanners. 

On the other hand, when | was putting this text together, | imagined myself explaining orally 
what | was writing, as if it were an audiovisual presentation. The guiding idea was to put down 
in writing what | said in class. This means that the tone in which it has been written and the 
use of some colloquial expressions do not correspond to a "serious" book with a standard 
format and lexicon. This has also led to some repetitions that serve to refresh concepts 
previously exposed. 

Many of the figures come from the classes | have given during my professional career and 
many others from the bibliography consulted, whose origin is cited at the foot of the figures. In 
these | have left the text in the original language, which in almost all cases is English. These 
texts have been written with the idea that they will be visualised by computer, so some of the 
formalities of paper books have not been respected. 

The utmost conceptual rigour has been used, trying to explain why and how, and if it has been 
considered convenient to explain a slightly complex mathematical expression, it has been 
explained conceptually, indicating what its parts represent, looking for its meaning "in words". 
In some cases, analogies have been used to facilitate the understanding of some unusual 
concepts. The mixture of descriptions, often qualitative, with some mathematics can be 
criticised by both "non-physicists" and "physicists". Some may think it is obvious and others 
may think it is incomprehensible. To some | would say that sometimes "academic" truisms are 
not so obvious, and to others that trying to understand what a formula "says" can be useful on 
many occasions, since they are a synthetic way of relating concepts. 


= R.Puchal, Filtros en Medicina Nuclear / Filters in Nuclear Medicine booth freely available on the 


Internet (https://www.archive.org, https://www.academia.edu, ec) 


13 


The overall and ultimate intention of the text is to focus on the quality of the examinations, 
since in any process made up of different parts, the final quality depends on the quality of each 
and every one of them. To achieve this objective, it is essential to know what is at hand and 
not to follow guidelines, actions or procedures without knowing why they are being done. In 
many cases, inherited "advice and recommendations" work, but they are only correct when 
the assumptions on the basis of which "someone" established them are fulfilled. Even if there 
are "recipes", you have to know why you do what is said in them. The same is true for scientific 
articles. You have to understand what they are based on and not simply try to reproduce 
them. Although the aim is the quality of the studies, this text is not about the quality control of 
equipment. For that there are excellent manuals such as those of the IAEA or national 
protocols. Quality depends not only on the equipment but also on how it is used. 

The source of this book is the lectures given at the International Atomic Energy Agency (IAEA) 
regional training course "Basic Concepts of Medical Images in Nuclear Medicine and 
Radiology" held in Bogota, Colombia, from 11 to 15 February 2019. The topics covered are 
basically the same, with some added topics, but expanded as there are no limitations imposed 
by an extensive and tight class schedule. 

This "book" started as "occupational therapy" in the confinement of 2020, not having reached 
its "maturity" (I think!) until March 2022. 

| would like to thank my wife for the help and understanding she has given me at all times and 
for her criticism based on her long experience as a teacher of physics and radiation protection 
in a training school for health technicians. 


Barcelona, March-June 2022. 


P.S. These notes are the English version of a recently submitted text, in Spanish, to archive.org. 
It has been translated by means of DeepL. | apologize for any mistake or misleading that could 
be despite two revisions. 
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Radioactivity 


Diagnostic Nuclear Medicine is based on detecting and measuring the radioactivity emitted by 
the patient. Radiation from a radioactive source has certain common characteristics that are 
involved in its measurement (quantification), regardless of the method used for its detection. 
For this reason, before going into the description of nuclear medicine equipment, some 
considerations are made with regard to radioactivity. 


1: Measurement of radioactivity 
1.1: Activity of a radioactive source 


The emission of radiation a , B or y is of random character’ . This means that the number of 
counts detected in repeated measurements over the same period of time is not constant. 
However, the decay probability per unit time (A ) is constant. This probability of decay depends 
only on the type of nucleus, i.e. all nuclei of the same radioactive substance have the same 
probability of decay. What varies is the time at which they do so. Moreover, each nucleus 
disintegrates by itself, without the influence of other nuclei (independently of its neighbours), 
i.e. they are independent phenomena. Furthermore, 4 does not vary with time, i.e. the nuclei 
do not age, they do not change their characteristics except if they emit a particle. 

If a sample has, at a certain time, N "disintegrable" nuclei, one can calculate the number of 
them that will remain to disintegrate after a certain time (t)’ : 


N(t)=N(o)e“* 


where N(0) is the initial number of nuclei and t is the elapsed time between the initial time (0) 
and the time of interest (t) (Fig.1.1.1). 


o © 
a @& 


Decay factor, e™’ 
° 
ES 


4 


ss «© ms & 
A Decay time (sec) 


Fig.1.1.1: Decay of a radioactive source (Cherry 2012) 


> The randomness of radioactive decay is ultimately explained by the Heisenberg uncertainty principle 
applied to the energy difference between two states of a nucleus. A decay consists of going from a state 
of a certain energy to a state of lower energy, i.e. more stable, by emitting "what is left over". This 
difference has an uncertainty AE which entails an uncertainty in the time At in which this change of 
state takes place. ( At > (h/4) AE where h is Planck's constant of value 414-10” eV-s). This uncertainty 
in the decay time means that macroscopically the emission flux is not constant (Krane 1988, Van 
Dommelen 2012, Bielajew 2014). 

“It is calculated by solving the equation that states that the number of nuclei that disintegrate 
(disappear from the disintegrable ones) during a certain time dt is -dN which is equal to those that there 
are to disintegrate N times the probability ’ per unit time to disintegrate and the time elapsed, i.e. dt: 
-dN=N-A-dt 
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From this expression the well-known law of radioactive decay is directly derived 


A(t)=A(oye* 


which tells us how the activity (disintegrations/time) of a sample varies over time A(t) from an 
initial activity A(O). A, the decay constant, as mentioned above, is the probability per unit time 
for a nucleus to disintegrate and has units [1/time]. Its inverse (1/A ) is the half-life (t ) which 
indicates how long it takes for the nuclei to disintegrate, on average. The higher the 
probability, the shorter the time it takes for the nuclei to disintegrate. A second parameter 
used in the practice of nuclear medicine is the half-time T,/. defined by 


Tia = In 2/2 =0,693/2 


which reports the time that has to elapse before the activity at a given moment is reduced by 
half. 

Radionuclides used in Nuclear Medicine for imaging generally have half-lives ranging from a 
few minutes to a few days (table 1.1.1). They are chosen, among other things, both for their 
chemical characteristics to form part of a physiologically useful molecule and for the type of 
emissions for their detectability outside the patient and for the irradiation they cause to the 
patient. 

The unit of activity of a radioactive source is measured in becquerels (Bq) in the international 
system, where 1Bq = 1 disintegration/s, although submultiples of the curie (Ci) are still used for 
reasons of tradition and convenience in many centres. 


1 Ci = 3.7 10° Bq 


Table 1.1.1 shows firstly 4 radionuclides used in PET and most of the elements used in imaging 
and therapy. The second column indicates the mechanism of emission and the third column 
the energy of the emitted photons. It then indicates the half-life and finally in which aspect of 
nuclear medicine they are used. 

It should be noted that among the radionuclides used in PET, only ‘°F can be used in centres 
that do not have a cyclotron, as its Ti/2, which is almost 2 hours, allows it to be obtained 
outside the centre where it is to be used. The other 3 have to be used where they are 
produced. 

The *°’Cs is a radionuclide widely used for calibration and quality control of radioactivity 
measuring devices because its T,/2 is 30 years and it emits single energy photons of 662 keV. It 
is curious to calculate the probability A for an atom to decay from its Ty. 

For **’Cs 4 =0.693/30 years = 0.693/(30 years x (365 days/year) x (24 hours/day) x (60 
min/hour)) = 4.4 10% min™ which means that the probability of a given nucleus disintegrating 
in one minute is 1 in 23 million. 

For "Tc (T1/2 =6.02 hours) A = 1.9 10° min” = i.e. in one minute there is a probability of 1 in 
526. 

For °O (T1/2 =2.3 min) A = 0.3 min” = 18s", i.e. in one minute there is a 1 in 3 chance. 

It is observed that the higher the decay probability, the shorter the lifetime of the excited 
states, i.e. those that will decay. 
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Table 1.1.1: Radionuclides used in Nuclear Medicine (Cherry 2012). 


The activity of a sample (disintegrations/second) at a given instant t is obtained directly from 
the number of "disintegrable" atoms N(t) times the probability of their disintegration A . 


A(t)=N(t)-A 
This expression allows us to estimate the number of N(t) atoms in a sample from its activity 


N(t)=A(t)/A 


Assuming a usual MNU activity of a dose of ”Tc of 30 mCi at a given time and knowing that 


in seconds” is 3.7 10°, the number of "disintegrable" nuclei is 

N(t)= (30 mCi-37. 10’ disintegrations/s-mCi)/3.7 10° s* )=3.51 10“ nuclei 
This allows estimating the mass (M) in grams of "Tc because the Avograd number (Na = 6.02 
107’) is the number of atoms in one atom-gram (atomic mass expressed in grams), which in 
this case is 99, 


M=99-3,51 -10"* /6,02- 107 =5,77-10° grams 


which tells us that chemically they are absolutely irrelevant and vice-versa, that with tiny 
amounts of radionuclide useful results can be obtained? . 

(The same calculation for “°F (A =1.05 10“ s”) with a usual activity (in PET 3D) of 6 mCi gives a 
mass of 6.31 10~° grams.) 


1.2: Statistical description of activity measurement 


Radioactive decay is a random process. This means that if several measurements of the activity 


° Although the tracer may be toxic, such as thallium chloride, these quantities demonstrate that 
chemically they do not pose a hazard. 
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are taken during the same time At much lower than its T,,. , it is most likely that different 
values will be obtained. Two parameters are used to describe them in an abbreviated form: 
the mean value (the arithmetic mean) which gives an idea of the central value of the 
distribution of values and a measure of the dispersion around the mean value which is the 
standard deviation (Fig.1.2.1). The distribution of values is the graphical representation 
showing for each measured value (abscissa) the frequency at which it appears on the ordinate. 
It is called a frequency histogram. 


th ta 


Mean: 5.1 Standard D.: 1.37. Mean: 5.1 Standard D.:1.92 Mean: 5.1 Standard D.: 2.36 
Fig.1.2.1: 3 distributions of equal mean and different standard deviation (http://geogebra.es/). 


Because there is no "one true" activity, since by its very nature there cannot be, an estimate of 
this activity is considered to be given by the mean value 7 of a large number of measurements 
N where n; is each value obtained 


N 
a= din Ni 

N 
and by the standard deviation (a measure of the dispersion of the distribution of values) which 
is based on the difference of each value n; with respect to the mean value 7 according to the 
expression 


Lau 7)" 
N-1 


In practice, it is not possible to obtain a large number of values for each measurement. This 
problem is solved by using a theoretical model of the distribution of values that fits the 
experimental data® . 

In the case of the measurement of the activity of a radioactive sample, the Poisson 
distribution’ is used, which depends on a parameter ut symbolising the "true" activity, which is, 


° A theoretical distribution of values is a mathematical expression (with a graphical representation) that 
indicates how the probability of obtaining a certain value varies over a large number of measurements. 
Each probability distribution is based on some assumptions, for example, that each nucleus 
disintegrates independently of the others. 

’ The usual textbooks state that radioactive decay obeys a Poisson distribution on the assumption that 
the nuclei are independent of each other and that there is no interaction between them. In fact, they 
follow a binomial distribution, which can be approximated by a Poisson distribution if the number of 
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of course, the maximum likelihood value. Figure 1.2.2 shows three Poisson distributions with 
different values of u . The Poisson distribution is discrete, i.e. it only applies to integer and 
positive values, such as the number of counts (points in Fig.1.2.2). 


0.40 


Fig.1.2.2: Poisson distributions. P(X=k) is the probability of obtaining the value k in a series of 
measurements (Derived from Skbkekas. Wikipedia). 


As can be seen, as the value of ut increases, the distribution becomes increasingly symmetrical. 
K is in our case the measured activity, or, in other words, the number of counts per unit of 
time. In nuclear medicine, such low activities are not obtained, as in other disciplines such as 
the dating of archaeological remains. 


Number of occurences (Poisson) 
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Fig.1.2.3: Experimental frequency histogram and Poisson distribution (Bevington 2003). 


Figure 1.2.3 shows the distribution of values obtained in a real measurement which is the 
frequency histogram and the corresponding Poisson distribution. 

If a large number of measurements were obtained experimentally, the mean value would be 
about the same as the "theoretical" value. 7 would be almost equal to the "theoretical" value 
L 


disintegrable nuclei is very high and the probability of a nucleus disintegrating is very small (A <<<1) ), 
which is the case in nuclear medicine (Sitek 2015). 
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neu 


On the other hand, the probability that a measurement is close to the value t, depends on the 
dispersion of the frequency distribution, which is measured by the standard deviation. The 
greater the dispersion, the more spread out the probability is, i.e. values relatively distant from 
the maximum have non-negligible probabilities. The measure of this dispersion, as indicated 
above, is measured by the standard deviation. The Poisson distribution has the peculiarity that 


o= Vi 


with which 


ax vn 
That is, it is sufficient to obtain 7 to get the full value of the measure 
"measure"=ntvn 


The mathematical expression of the Poisson distribution allows one to calculate the probability 
of obtaining a given measurement n; assuming that the true value is 7 
Ean 
rob(n,;) = ———— 
prob(n;) ar 
As discussed above in Fig.1.2.1, as the mean number increases, the distribution curve becomes 
more and more symmetrical. In fact, from w= 20 onwards the Poisson and Gaussian 
distributions become indistinguishable (Sorenson 1987) (Fig.1.2.4). 


0.14 


N 
¢ 
5 


Probabity msull 


Fig.1.2.4: Poisson distribution curve (dots) and its Gaussian approximation (continuous) 
(Cherry 2012). 


This allows treating the experimental (discontinuous) values as if their distribution was 


Gaussian (continuous) and therefore to easily assign a probability to any value as it is a 
continuous distribution (Fig.1.2.5). 
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Fig.1.2.5: Gaussian curve and the interval of to 


The confidence level of a result, i.e. the probability that the "true" value lies within a range, 
logically varies with the width of this range. The wider the range, the more likely it is to lie 


within it. 
x + 1lo > 68,3% 
x + 20 > 95,5% 
x + 30 > 99,7% 


Table 1.2.1: Confidence levels as a function of the width of the confidence interval 


Apart from indicating the probability of a result, these levels allow us to know, for example, 
whether the difference in the number of counts between two radioactive samples or two 
regions of interest (x, , X2 ) is significant, i.e. whether they are sufficiently different so that the 
respective confidence intervals do not overlap. To be considered significant, the difference 
must be greater than 3 standard deviations of this difference: 


My — Xy > 3 Oy, -»," 


This criterion of 30 can be applied, for example, to the counts of an area of interest and a 
background area ina scan°. 

The calculation of standard deviations as the square root of the number of counts can only be 
applied when the numbers of counts are "original", i.e. not manipulated, e.g. after smoothing 
or as a result of tomographic reconstruction. 


1.3: Measurements in practice 


1.3.1: Single measure 
In nuclear medicine, it is not customary to obtain several measurements of an activity. It is 
counted only once over a period of time. In these cases, the value obtained (in counts) "V’' is 
considered to be a good approximation to the mean value (u = v) of the Poisson distribution 
so that 

single measure = v + Jv 


* Uncertainties propagate with calculations. In the case of additions or subtractions (x; + x2), the 


uncertainty is the same in both cases and is given by a7, + of, . 
* In nuclear physics, to ensure that a difference is significant, the criterion is 5 standard deviations. Thus, 
for example, this was the criterion used at CERN to distinguish the Higgs boson from other particles. 
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This uncertainty is only due to the randomness of radioactive decay. It is important to keep in 
mind that the value of a measurement is "counts" NOT "counts/time" since what is detected 
are decays and that this uncertainty is intrinsic and cannot be reduced since it comes from the 
nuclei themselves through the decay constant A. 

The activity is calculated by dividing the number of registered counts v by the time the 
measurement lasts At 


so that its uncertainty depends on both the counts and time. Assuming that the uncertainty of 
time At is negligible, the uncertainty of the activity is given by 


o, vv 
Oq —— = 
At At 
and therefore the full value of the activity is: 
vw 
“Kt = Ot 


Example: Suppose 300 counts are recorded in a cell of a matrix in a 20-second acquisition. The 
activity recorded will be 


300 300 
a= ie + =H 15 +0,9 counts/s 


If the same acquisition had been done in 1 minute, let's assume 1000 counts had been 
acquired. 


1000 +1000 
a= a + 50 = 16,7 +0,5 counts/s 


We see that the uncertainty has decreased with increasing measurement time. 

Another way to look at it is to obtain the relationship between the number of counts and their 

uncertainty, sometimes called relative error. 

vn 

n 

which, as can be seen, varies with the inverse of the square root of the number of counts. The 

relative uncertainty (in %) can be said to be the percentage of the uncertainty with respect to 

the measured value. 


If uncertainty is considered as something that alters the measurement, we can consider it as a 
noise’’ so that its inverse 


© This terminology is used in signal theory. In this case the noise is the fluctuations in the number of 
counts that blur the measurements. 
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1 n 
fo] = eer ain 
= 1% 100 = 100-vn 


is called the signal-to-noise ratio ("SNR") where 7 is the signal and 7 is the noise and 
indicates how many times the signal (what we are interested in) is larger than the noise (its 
disturbance). 

This ratio is one of the statistical quality criteria of the images. From this expression, it follows 
that if you want, for example, to double the SNR, you have to multiply the number of counts 
by 4. This is the reason why you should always try to acquire the maximum number of counts, 
so that you can better distinguish the signal from the noise. 


1000 Ke 


Fig.1.3.1: Images of a bar dummy acquired at different number of counts. 


Note in Fig.1.3.1 that as the number of counts in the images increases, the images become 
sharper and the bars in the different quadrants are better separated from the background. 


1.3.2: Repeated measures 

On the other hand, it should be borne in mind that if a measurement is repeated "N" times, if 
the measurement conditions are identical, its mean value is obtained M and its standard 
deviation which will be 


=| 5 


1 
i.e. the repetition of a measurement decreases the uncertainty of the mean value as VN To 


reduce the uncertainty by a factor of 10, 100 readings must be taken. If, as usual, 10 
measurements are taken, e.g. in the quality control of activimeters, then the uncertainty is 
reduced to about one third (¥10 = 3,16) compared to taking a single measurement. 
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1.4: Types of errors 


In any measurement of the activity of a radioactive source, different sources of errors have to 
be considered. Errors or uncertainties due to the randomness of radioactive decay have been 
discussed. These are the so-called statistical random errors. In addition to these, systematic 
errors such as those due to incorrect calibration of the measuring apparatus (e.g. an off-centre 
energy window in a gamma camera or a bad energy selection in a dose calibrator) have to be 
considered. To these must be added errors due to non-statistical fluctuations that may come 
for example from sporadic incorrect use of a low energy collimator when imaging a higher 
energy source (using a collimator for ’"Tc with patients with *°"1) which causes a significant 
background that invalidates any quantification. Another possible cause could be imaging at 
different distances from the patient depending on the person preparing the scan acquisition. 
There are also those due to failures in the measuring equipment such as those due to power 
supply instabilities or miss calibration or variations in detection characteristics due to ageing, 
for example. 


1.5: Quality of an activity determination 


The quality of a measurement, whether it is a radioactive count or not, is determined by two 
parameters. One is accuracy and the other is precision. 


1.5.1: Accuracy 
Accuracy indicates how close the measurement is to the true value. In counting equipment 
(e.g. activimeters) it is obtained by comparing the measured value with a calibrated standard 
source. Systematic errors have a direct impact on the lack of accuracy, e.g. by introducing a 
constant bias. 
One of the ways of quantifying accuracy is through the expression of "relative error" which is 
given by 

Ue 20,9, 


e[%] = ——— - 100 
Tr 


where v, the reference value (taken as true) and v,, the measured value. This value directly 
informs us whether we are under or over counting, which allows us to know, for example in 
the adjustment of the activity given to a patient, if he is over irradiated or injected with less 
activity than prescribed. It is customary in the clinic to tolerate a maximum of + 10% in the 
activity administered. 


1.5.2: Precision 

Precision indicates the degree of repeatability of a measurement. Even if the quantity being 
measured is constant, the measurement process is not perfect due to the fact that the 
equipment may function slightly differently from one measurement to the next, or due to 
slight changes in position, temperature, pressure, voltage, etc., i.e. the parameters on which 
the functioning of the equipment depends. If the activity of a radioactive source is to be 
measured, the randomness of decay must be added. 

Precision comes from the dispersion of values and indicates the uncertainty of what has been 
measured. Dispersion indicates repeatability, i.e. it indicates the magnitude of the variations 
due to the experimental equipment. To quantify it, the uncertainty of the mean value with 
respect to the mean value is used, i.e. by means of the coefficient of variation whose 
expression is given by 
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uncertainty of the mean value Oz 
CV [%] = ———_————_ 100 = — - 100 
mean value x 


considering that the dispersion is parameterised by the uncertainty of the mean value. 


Figure 1.5.1 shows the difference between accuracy and precision. Part (a), where the values 
have very little uncertainty, are precise but inaccurate data as they should follow the 
continuous straight line but are all displaced. Part (b), with more inaccurate data (larger error 
bars) are distributed around the straight line, so they are less precise but more accurate. 


Fig.1.5.1: a) Accurate but inaccurate data. b) "Accurate" but inaccurate data (from Bevington 
2003). 


If the phenomenon is non-random, a lack of repeatability will indicate variations inherent in 
the detecting equipment or in the measurement procedure. If the phenomenon is random, the 
dispersion will be a mixture of the two sources of variation, the dependence on the equipment 
being significant if it significantly exceeds the dependence on the randomness of the 
measurement. 

An example of the impact of the accuracy of an equipment on the result of its measurements 
is given by Sorenson (1987) when considering a pipette with an accuracy of +2%. When a 
technique introduces random variations in the number of counts whose origin is not the 
randomness of radioactive origin, the joint variance (Gauss + "equipment") is given by the 
"law" of variance composition which consists of the quadratic sum of each variance 


a? = (vv)? + (ANY? 


where v is that of radioactive origin and AN is due to the precision of the apparatus. Thus, if 
5000 counts are recorded on a pipetted sample with 2% precision, it follows that AN = 
100 (5000x0,02) and the overall variance will be 


a” = (V5000) + (100)* = 15.000 
Thus the value of the measurement is 5000 + 122 counts instead of 5000 + 71 if the accuracy 


(uncertainty) of the pipette’ is not taken into account. 


= Compounding of variances is very often used as it allows estimating the joint variance due to different 
processes that need not be Gaussian. 
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1.6: Radioactive background 


From the above, it is clear how important both the number of counts (relative decrease of 
uncertainty) and the specificity of the radiopharmaceuticals are for there to be a significant 
difference between the uptake and the patient's background. Hence the need to ensure the 
quality of radiopharmaceutical labelling. This background is due to diffusion of the tracer 
circulating in the bloodstream. In the case of planar scintigraphy, it must be taken into account 
that the images are due both to the organ of interest and to the activity of the tissues between 
the organ and the exterior, both anterior and posterior. 

This background has to be distinguished from counts that are detected without the presence 
of any controlled radioactive source due to electronic noise, thermal noise, cosmic rays, 
radiation from “°K present in walls and floors, etc. Normally the activity due to these 
phenomena is very low in nuclear medicine. Only in solid state detectors for spectrometry (Ge- 
Li) is it important, so they must work at very low temperature to reduce thermal noise and be 
heavily shielded’ . 

In activimeters, environmental background can be important. A frequent source of 
uncontrolled radioactivity comes from contamination of the sample holder used to introduce 
the samples into the detector of the activimeter. Other possible sources of radiation 
interfering with measurements are the presence of other sources in the vicinity of the 
detector, such as sample debris, used needles or *"Tc generators stored without sufficient 
shielding. 

In some nuclear medicine facilities with more than one gamma camera, it is important that 
radiation from a patient being scanned on one gamma camera does not interfere with the scan 
being performed on another machine. This is particularly embarrassing if it is a tomographic 
study as this "foreign" activity would influence as if the tomographic sensitivity of the SPECT 
equipment were failing, i.e. an artificial increase of counts in some projections. One way to 
avoid such interference is to shield the walls of at least one of the gamma cameras with lead. 
On more than one occasion, artefacts caused by counts from a patient who has been 
administered, for example," Tc-MDP and is waiting to be scanned in a nearby gamma 
camera, or by contamination in the scanning room or on the camera couch, have been 
detected. Airborne contamination has occurred in some cases due to improper inhalation of 
lung ventilation scans using aerosol (Lenners 2011) or Technegas (Lloyd 1994). 
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Nuclear Medicine detectors-without imaging 


The detection of radioactivity in nuclear medicine has different aspects depending on the 
purpose of the detection. The most basic, but very important case is the measurement of the 
activity to be administered to a patient. The devices used are called activimeters or dose 
calibrators and are based on gaseous state detectors. Other technologically simple applications 
are uptake probes based on the solid scintillation detector classically used for the 
quantification of thyroid activity. Well detectors for sample tubes are highly sensitive detectors 
also based on solid scintillation. Within this list of "simple" detectors, intraoperative or 
surgical probes for the detection and localization of the sentinel lymph node should be 
mentioned. These are simple devices based on solid scintillation or small solid-state detectors. 
All these instruments detect and quantify the number of counts. 


& 
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2: Activimeters 


The activimeter is the simplest measuring device used in nuclear medicine and is based on the 
most elementary system of radiation detection, which is the ionisation chamber. Its presence 
is essential in the preparation of radiopharmaceuticals and their administration to ensure that 
the correct activity is used. 


2.1: Description 
An activimeter consists essentially of 2 parts: a radiation detector which is a gaseous ionisation 


chamber with shielding and an analyser which converts the current generated in the ionisation 
chamber into activity (Bq, Ci) (Fig.2.1.1). 


lonization 
chamber 


Analyzerwith 
predefined 


shielding radionuclides 


Fig.2.1.1: Activimeter installed in a radiopharmacy unit 
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This ionisation chamber is a gas detector with a structure shown in Fig.2.1.2. The gas, usually 
argon, is under pressure in the chamber which is sealed (5 at. for emitters y (Biodex and 
Capintec), 12 at. for PET (Capintec) in order to increase its sensitivity by increasing the 
intensity of the current generated due to the higher number of ionisable atoms (Knoll 2010). 
The shielding is 6 mm Pb to avoid detecting lateral external radiation. 


holder 


Sh Shielding 
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chamber with 
pressurized gas 


Electrodes 


Fig.2.1.2: Schematic diagram of the detector of an activimeter 
2.2: Principle of operation 


The radiation emitted by the sample causes ionisation of the gas inside the chamber” , 
generating an electric current between the electrodes. This current depends on three factors: 
the voltage between the electrodes, the quantity of ions that the radiation produces in its path 
(ionisation capacity - which depends on its energy and nature) and, lastly, on the quantity of 
radiation that penetrate the detector per unit of time (activity). 

A detector based on the ionisation of a gas exhibits behaviour that is highly dependent on the 
inter-electrode voltage (Fig.2.2.1). 

It should be noted that the activimeter works in the "ionisation chamber" area because the 
signal is largely voltage independent and the response depends only on the energy and activity 
of the source. 


* A radiation detector based on ionisation of a gas is commonly called an ionisation chamber, although 
it is also called an ionisation chamber when operating in the saturation zone. The same device working 
at higher voltage becomes a Geiger detector. The operation of an ionisation chamber is described in 
Annex A.3. 
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Fig.2.2.1 Variation of the behaviour of an ionisation chamber with voltage (derived from IAEA 
2015) 


Once the voltage has been set, the part corresponding to the activity of the sample has to be 
separated from the mixture of information (energy and activity). For this purpose, the part of 
the intensity due to the radiation energy has to be compensated by a factory calibration for 
each type of ionisation chamber. Fig.2.2.2 shows how the detection sensitivity varies with the 
radiation energy with a clear lack of proportionality (non-linear behaviour) in the nuclear 
medicine energy range. This obliges the operator to select the radionuclide to be measured in 
the activimeter so that the corresponding calibration (or correction) factor is applied, 
otherwise the value indicated by the activimeter does not correspond to the "real" activity of 
the source. Each ionisation chamber model has a similar behaviour. 


IONIZATION CHAMBER SENSITIVITY [¢°Co = 1.00 


° soo 1000 1500 


PHOTON ENERGY [Kev] 

Fig.2.2.2: Variation of the sensitivity of an ionisation chamber for different radionuclides. Note 
that if a radionuclide emits at several energies (e.g.°° Co), the sensitivity for each of them is 
displayed (Susuki 1976). 

Fig.2.2.2.2 shows that these devices have very low sensitivity for the most common elements 
in nuclear medicine. On the other hand, these devices can measure a wide range of activities, 

from uCi to activities of the order Ci. 
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In nuclear medicine, both y and B emitters are used, B for metabolic treatments and ” in PET. 
The radiation y directly ionises the gas in the chamber by means of the photoelectric and 
Compton Effect mechanisms. The radiation B , being charged particles, is basically detected by 
the photons generated by their braking deceleration (Bremsstrahlung)** in the sample itself, 
i.e. by the material between the emitting nucleus and the chamber gas (Valley 2003). In the 
case of 8” , the ionisation produced by the 511 keV photons generated in the annihilation of 
the positron must also be considered as a function of their range in the medium they pass 
through, which, in turn, depends on their energy”. 


2.2.1: Types of activimeters 

There are basically two types of activimeters depending on how the reading is obtained. In 
one, the counting is started by a push button and the measurement value is obtained after a 
certain time or when the detected activity stabilises. In this case, the value is known without 
any doubt. 

The other type of activimeter provides a continuous reading, i.e. the activimeter provides 
slightly varying values at all times due to the randomness of the radioactive emission. In this 
case, after introducing a sample, it is necessary to wait a few seconds until the reading 
stabilises, i.e. the most significant digits remain constant. As seen above (Chapter 1), in high- 
activity samples the random variations are relatively smaller than when the activity is low. This 
causes the activimeter readings to stabilise much faster at high activities (~ MBq, mCi) than at 
low activities (~ kBq, ~ uCi). 

The speed of stabilisation depends on the associated electronics and the type of radionuclide, 
i.e. the value of the calibration factor used internally to switch from current intensity to 
disintegrations per second. The higher the calibration factor, the greater the fluctuations in 
activity as the fluctuations in the ionisation chamber current of random origin are amplified 
more. Thus, for a given activimeter, the calibration factor is 5 for °°Co which results in very low 
fluctuations of + 0.01 uCi. On the other hand, for °™Tc, whose value is 37.1, the fluctuations 
due to noise are approximately + 0.05 Ci while for P with a factor of 530, the fluctuations 
are + 0.5 uCi or more. All these fluctuations are obviously only relevant at very low activities 
(Biodex). The time response, i.e. the time it takes to give a stable reading (within the quoted 
limits) is around 2 seconds for medium-high activities and ranges from 4 to 16 s for very low 
activity samples (Capintec). 


2.3: Performance characteristics 


The number of counts detected relative to the photons emitted (efficiency) depends on 
several factors, among which geometrical efficiency is the most important. A radioactive 
sample emits radiation in all directions in space. This implies that the lower the radiation loss 
(f1g.2.3.1), the more representative a measurement is of the actual activity. Radiation loss due 
to the position of the source in the borehole is the most important. 


a Braking radiation consists of photons emitted when a charged particle loses energy as it passes close 
to a nucleus. The particle is attracted or repelled by the nucleus, which causes it to deviate from its 
trajectory. This force (f=m-a) exerted by the nucleus slows the particle down, and every decelerated 
electrically charged particle emits energy in the form of photons. 

** Maximum range in water: “°F (E max. 634 keV): 2.4 mm, “N(E max. 1198 keV): 5.1 mm, “Ga(E max. 
1899 keV):8.2 mm (Alva-Sanchez 2016). 
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Fig.2.3.1: Emission in all spatial directions. Loss through the inlet orifice (Candelaria 2010). 


Detection efficiency is strongly dependent on the position, shape and volume of the source. 
The position of the sample within the borehole largely determines the radiation it is able to 
detect, or, in other words, determines the amount that is lost through the borehole of the 
detector Fig.2.3.2”°. 


Fig.2.3.2: Loss of detected emissions by depth. 


This dependence makes it necessary to use a holder that standardises the positions of the 
samples inside the detector (Fig.2.3.3). 


il 


Fig.2.3.3: Holder ("Holder or diper") to systematise the position of the two most commonly 
used containers. a: vials, b: syringes (modified from Sharma 2015,Santos 2009). 


* It is the same effect as when we are coming out of a tunnel. The closer we get to the exit, the larger it 
appears. 
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Given a container type, the depth dependence follows a curve (Fig.2.3.4) indicating that there 
is a zone of relatively constant sensitivity followed by a rapid decrease. Sample holders are 
designed to place the containers in the most stable zone. 
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Fig.2.3.4: Variation of sensitivity in three models from the same manufacturer where d is the 
distance to the bottom (Santos 2009). 


As can be seen, there is an optimum zone (between 5 and 15 cm), in the sense of less 
dependence on the distance” . If very precise measurements are required, as in the case of 
some treatments, this dependence has to be corrected by correction factors. Fig.2.3.5 shows 
the correction factors for a given activimeter according to radionuclide and position. 


Correction Factor 


1 0 1 2 3 4 5 6 7 8 9 


Position (cm) 
Fig.2.3.5: Correction factor for a Capintec activimeter as a function of the distance from a 
standardised vial to the bottom of the detector (Farias). 
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” Years ago an activimeter (Victoreen Cal/Rad 34-061) was commercialised with low cost and limited 
features such as low sensitivity and high dependence on the sample volume due to the short length of 
the receptacle as can be seen in the graphs below (Ribeiro Correia 2012). 
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The sensitivity of the activimeters also depends on the shape and the volume of the vessel as 
shown schematically in Fig.2.3.6. In addition, the composition of the container (glass, plastic, 
wall thickness) strongly influences the measurement (Calhoun 1987). 
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Fig.2.3.6: Activity variation by shape and volume (Candelaria 2010) 


These dependencies are basically due to the different distribution of the liquid in terms of 
shape (width, height). In a syringe, with all the activity concentrated in the mouth of the 
needle, the source is closer to the bottom than if it is distributed along the body of the syringe 
between the mouth and the plunger. The measured activity decreases with increasing volume 
(for the same activity) because it is distributed throughout the volume rather than being 
concentrated in a small space. 


2.4: Aspects of performance quality 


The extreme sensitivity of the activimeter detector with respect to both energy and 
"geometry" makes it essential to thoroughly check its performance (EANM 2010). As with any 
measuring instrument, two different sources of "errors" must be distinguished: systematic 
inaccuracies and accidental or random inaccuracies as well as their behaviour according to the 
activity (linearity). 


2.4.1: Systematic inaccuracies 

Systematic inaccuracies are detected by comparing the activity of one or more standard 
sources with their respective measurements. Their origin can be the position inside the 
detector, its volume and the type of vessel. The depth is systematised by the slide with two 
holders, one for syringes and one for vials (Fig.2.3.3). For accurate measurements it is essential 
to make corrections for shape, size and material of the container. Current activimeters 
incorporate programs to obtain and apply such corrections as shown in Fig.2.4.1. It shows that 
the type of container, its volume and the material from which it is constructed must be 
selected in addition to the radioisotope (plastic, in general, attenuates less than glass) and is 
different for B or Y emitters. 
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Fig.2.4.1: Calibration program screen by vessel type (Capintec 2020) 


All these corrections are valid as long as the detector is stable over time both in the short term 
and in the long term. The cause of short term variations are due to instabilities of the high 
voltage source which takes a certain time to stabilise when the activimeter is switched on. This 
means that it has to be switched on for some time before use (hours). The long-term variation 
is due to the decrease of the gas pressure inside the ionisation chamber. If there is a small 
leakage, the number of atoms in the gas decreases and therefore at the same incident 
radiation less atoms are ionised, resulting in a decrease of the generated current, which leads 
to a decrease of the measured activity. 

The variation of the sensitivity is controlled by the parameter "accuracy" which consists in 
measuring the closeness of the measured activity to a reference activity for certain standard 
radionuclides with a certified activity given by the % difference between the reference activity 
calculated by decay of a standard source at the time of the measurement A,,.¢ and the 
measured activity Act,,.q with respect to the reference activity as explained in Section 1.5 of 
Chapter 1. 


Accuracy, although it may not seem like it, has implications for patient dosimetry. If an 
activimeter measures less than it should, doses will be increased until the pre-established 
value is obtained, which implies an increase in patient dose as well as a useless waste of 
radiopharmaceutical. If, on the other hand, it over-measures, lower doses will be adjusted, 
which may affect the quality of the images by decreasing the activity administered (decrease in 
the signal-to-noise ratio) or by increasing the scanning time. 

Due to the non-linear behaviour of the ionisation chamber with respect to energy (Fig.2.4.2) - 
mentioned above - it is advisable to use radionuclides covering the whole range used in 
nuclear medicine, such as °’Co, **°Ba,°*Ge which are equivalent to ”"Tc,**"1,F in addition to 
the standard reference of **’Cs. Unfortunately, except for Ba and **’Cs, all have a relatively 
short half-life and high cost. If in successive measurements (every 3 months)’® it is observed 
that the accuracy worsens even without exceeding the usual limit of 10%, this indicates a 
gradual loss of pressure and the chamber should be repaired. 


= Periodicity recommended in many quality control protocols. 
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Fig.2.4.2: Energy response of a certain chamber (Bauwens 2019) 


2.4.2: Random inaccuracies 

The source of random inaccuracies is, on the one hand, the randomness of radioactive decay, 
which is unavoidable, and, on the other hand, detector instabilities. These detector instabilities 
are generally due to oscillations in the output voltage of the power supply which cause the 
generated current to vary slightly, "artificially", resulting in variations in the measured activity. 
The changes in the readings are quantified by the coefficient of variation of a series of 
consecutive measurements. 


cv = 100-4 
A 


where A is the mean value and a; is the standard deviation of the measurements. These 
measurements must be made in such a way that between them the activimeter returns to the 
background reading. In this way, this parameter indicates the capacity to reproduce the same 
activity, i.e. it indicates the variability or lack of repeatability due to the equipment considering 
that the conditions do not vary over time, i.e. they are "static" . 

This can be expressed as the total dispersion (az) is the composition of the intrinsic variability 
of the radioactivity (og ) with that of the detector (ap ) such that 

oF = oF + or 

from which the detector's own variability is deduced. Since, for the activities handled, the 
intrinsic dispersion is much lower than that which can be generated by the detector, the total 
variability of the equipment is taken as the total variability, and the coefficient of variation 
must be less than 5%. 


2.4.3: Linearity of response 

A parameter that should not be neglected is linearity in activity, i.e. to check the behaviour of 
proportionality between the sample activity and the measured activity. This ensures that the 
accuracy (EF) of measurements made with reference sources (which are of low activity) is 


“ Capintec specifies that its activimeters have a "Repeatability" of + 1% in 24 hours as long as the 
activimeter is running during this time. Further proof of the importance of camera and electronic 
stabilisation (NPL 2006). 


36 


preserved for activities used in the clinic. It indicates, therefore, whether the activimeter 
counts equally at low and high activities. 

There are two methods for their determination. One, which consists of interposing a series of 
calibrated attenuating layers between the source and the detector to rapidly obtain different 
count rates (Zanzonico 2008). The other, supported by different quality control protocols” , 
uses the decay of sources with a low 11/2 , such as "Tc and/or “8F. This method consists of 
letting decay a radioactive source with a higher activity than the maximum used in the Nuclear 
Medicine unit and taking measurements every so often until a time equivalent to about 12-14 
half-decay periods is reached. It does not require any special equipment, but it does require 
meticulousness in the placement of the source so that its position is always the same. For 
example, for "Tc this means measuring for about 3 consecutive days. The logarithms of the 
activity values with respect to time are fitted to a straight line from which the linearity and the 
difference between the values calculated by decay and those obtained experimentally are 
deduced, which must be less than 10% as in the accuracy test” . Outliers are usually due to 
human error, such as in the exact reproduction of the position of the vial in the sample holder, 
incorrect recording of the measurement time, not waiting for the stabilisation time of the 
reading especially at very low activities (~ 30y Ci) or not correcting for background radiation 
(Prekeges 2014). Causes due to the detector can be high voltage disturbances or a decrease in 
gas pressure, as in the case of accuracy. A possible cause of alteration of the behaviour of the 
activimeter is a change of the ambient temperature, which affects the gas temperature inside 
the chamber and consequently its pressure. Fig.2.4.3 shows the activity-time curves obtained 
by fitting the experimental values and the one corresponding to the theoretical activity 
obtained by decaying the source of *"Tc. The exponent for the theoretical decay function of 
the *Tc is 0.1155 since it corresponds to Tz Of 6.04 h. Both curves fit perfectly to a straight 
line. 
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Fig.2.4.3: Theoretical and experimental decay curves of**” Tc in semi-logarithmic scale (Mora- 
Ramirez 2008). 


The next step is to obtain the difference between the measured activity and the fitted activity 
for the same time which has to be less than 10% (IAEA 1991, IEC/IEC 1994). 


In IEC/IEC, AAPM, IAEA the minimum frequency is quarterly. 
7" It is interesting to note that, if appropriate, further analysis of the linear regression can be done by 
applying statistical methods to test the underlying statistical hypotheses, see for example (Molina 2020). 
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Fig.2.4.4 shows the linearity curves using *"Tc and “°F as the radioactive source, first selecting 
°™Tc and second, having selected ‘“*F.”7 The comparison of both graphs indicates that the 
detector behaves in the same way with one radionuclide as with the other, and therefore only 
one of them can be used for the linearity check. 
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Fig.2.4.4: Linearity curves for” Tc and’® F with energy selection of ’” Tc and’® F (Willegaignon 
2015). 


2.4.4: Temporal stability 

The other measure of the possible variation of the measurement conditions or the condition of 
the equipment is the test of constancy or stability over time. This is a test to determine 
whether the equipment maintains its characteristics on successive days~ and therefore its 
frequency is daily. It basically consists of using a standard source with a long half-life, the most 
common being’ Cs as it has a T1/2 of 30 years, and measuring it every day. This measurement 
should be done for each energy selection used. What is important is that the values obtained, 
although not representing the source activity, remain within the accepted 5% of the 
repeatability following the decay of the source of**’ Cs. A decrease in activity of 1% occurs 
after about 6 months (5.22 months) and of 5% in almost 27 months. These variations should 
not be ignored. Figure 2.4.5 shows the variation of the decay activity of®” Cs and the values 
obtained experimentally using the corresponding window of*”’ Cs. It can be seen that both 
curves have the same trend (dashed line) and that the experimental one is 1.4% lower than the 
theoretical one within the limits of accuracy (+ 10%). 


2 When the energy selection does not match the nature of the source, the values are not indicative of 
the activity. 

a Frequent connections and disconnections are a source of faults. Reconnections should not be made 
quickly. Some of the components of the power supply (capacitors) must be allowed to discharge 
completely before being put back into operation. Power cuts are also a cause of possible failures, not 
because of a sudden lack of voltage but because of the return of the same, as it usually presents a 
voltage peak higher than the device can tolerate. Therefore, if there is a power cut, the appliance must 
be switched off and wait for it to be restored before switching it on again. The same applies to 
computers, gamma cameras, meters... 
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Fig.2.4.5: Constancy test. Comparison of the decay curve with the measurements (from Mora- 
Ramirez 2008). 


The following graph (fig.2.4.6) shows the experimental values of the source of **’Cs measured 
using energy selection for the °™Tc and for the *°’Cs. As already mentioned, the aim of the 
constancy tests is not to obtain the activity but to record variations in the values supplied by 
the activimeter. In this case, with the "window" of sl a2 higher values are obtained that allow 
observing a progressive decrease that is not perceptible with the window of *’’Cs. Although 
slight, it could indicate a loss of pressure of the gas in the ionisation chamber. 
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Fig.2.4.6: Recording of the values obtained with a source of*”” Cs in the windows of **’Cs and 
°™Tc as well as the tolerance limits oft 5% (Mora-Ramirez 2008). 
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3: Radioactive sample counters 


Some nuclear medicine examinations, the so-called in vivo-vitro examinations, require the 
ability to detect radioactivity in patient samples, e.g. glomerular filtration rate (GFR) with 
°™Tc-DTPA in addition to imaging. Others, such as the detection of blood in faeces with *Cr- 
EDTA, do not generate images, as does the Helicobacter pylori screening test using the ““C- 
urea breath test. 


3.1: y radiation tube counters 


3.1.1: Description and operation 

The determination of the activity of samples, generally of low activity, is performed by highly 
sensitive counters based on scintillation detectors with Nal(Tl) crystals (Fig.3.1.1) for gamma 
radiation. 
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Fig.3.1.1: Schematic of a borehole detector (Cherry 2012) 
A well counter consists of a scintillation detector with Nal(Tl) crystal in which a cylindrical 
recess (well) is turned into which a small container with the radioactive source is placed. Figure 


3.1.2 shows a well counter and its control unit for selecting the radioisotope and incorporating 
a number of utilities such as a multi-channel analyser. 
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Fig.3.1.2: Well counter (Capintec.Mirion Technologies) 
A multi-channel analyser is a device that classifies the pulses it receives, in this case from a 
scintillation detector, and sorts them by their energy. In this way, the energy spectrum is 


generated graphically, where the energy is plotted on the x-axis and the number of photons of 
each energy on the y-axis (Fig.3.1.3). The energy window of interest is also indicated. 
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Fig.3.1.3: Schematic diagram of multi-channel operation and generated spectrum (Cherry 
2012) 


There is a strong dependence of the measured activity on the sample volume by varying the 
amount of radiation missed (Fig.3.1.4) as the effective solid angle for detection decreases. 


Fig.3.1.4: Schematic of increasing radiation loss with sample volume. 
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In automatic counters, i.e. counters that allow sequential measurement of a large number of 
samples, the detector is slightly different. Its design is called "through-hole" which consists of 
completely perforating the crystal in order to automatically exchange the samples (Fig.3.1.5). 
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Fig.3.1.5: Schematic of an automatic tube counter (Cherry 2012) 


In these counters, as the insertion and extraction of tubes is automatic, the samples have to be 
placed in identical containers that fit the size of the hole in the crystal (Fig.3.1.6). In addition, 
the racks of these tubes allow the input of "instructions" to the control computer to manage 
groups of acquisition parameters such as isotope, window, acquisition time, etc. 


Fig.3.1.6: Containers with standardised and control tubes (LKB Compugamma 1282) 


These standardised tubes allow test tubes of different sample sizes to be used (Fig.3.1.7). 
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Fig.3.1.7: Containers with different types of containers (tubes, vials) (Hidex) 


Figure 3.1.8 shows an automatic tube counter with a series of racks of standardised tubes. The 
racks are placed on conveyor belts that cause the standardised tubes to be placed, one by one, 
in the appropriate position to be placed inside the scintillation crystal. 


Fig.3.1.8: Input tray of an automatic tube counter LKB Compugamma 1282) 


3.1.2: Performance characteristics 

These detectors place the samples in the centre of the crystal so that the dependence of the 
activity on the sample volume is minimised (Fig.3.1.9). However, samples are usually 
standardise to the same volume, almost always less than or equal to 1 ml. 


20 


10°CPM mI! 


0 2 4 6 8 10 
Volume / ml 


Fig.3.1.9: Variation of activity with sample volume in a Compugamma 1282 LKB (Coker 2005). 


45 


Figure 3.1.10 allows a comparison of the behaviour of the two types of sample counters (well 
counter and through-hole) with respect to volume. This difference is due to the fact that in the 
well-counter, as the volume increases, more radiation is lost as it is closer to the overture (see 
Fig.3.1.4). On the other hand, in those where the sample is always placed in the centre, as it 
always loses approximately the same amount at both ends, the dependence is smaller up to a 
volume in which it shows a linear loss like the well-counter. At equal volume, having only loss 
at one end, the well-counter detector has a higher sensitivity. 
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Fig.3.1.10: Efficiency variation according to volume for the two types of tube counters (Cherry 
2012). 


Both types of counters are extremely sensitive due to the use of very thick crystals and also 
due to their geometry which allows the detection of most of the emitted radiation. This makes 
it possible to measure activities not exceeding 100kBq without further correction. Higher 
activities have to be corrected for dead time. Dead time is the time during which a detector 
equipment stops counting due to the time needed by the electronics to process each detection 
individually. When the rate at which pulses are generated is too fast, counts are lost. This loss 
depends on the count rate and is corrected in the factory. In some cases it is necessary to let 
the samples decay until the detector is not saturated by excessive activity. The connection to a 
computer allows the management of the measurements as well as corrections for decay. 
Fig.3.1.11 shows the variation of intrinsic (non-geometric) efficiency as measured in the crystal 
indicating the ability to convert energetic photons into scintillations (Annex A4). 
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Fig.3.1.11: Intrinsic efficiency of Nal(Tl) (derived from Cherry 2012) 


In the typical energy range of clinical nuclear medicine (80-511 keV) the 3 "x3" (12.7 cm 
diameter) crystals have a high efficiency. This is clearly seen in the spectrum of ”™Tc (140 keV) 
obtained with such a detector. Note that there is practically no Compton zone because there is 
almost total absorption due to the fact that the large size of the crystal means that the 
Compton photons are almost all absorbed, so that the "original" photon will have deposited all 
its energy in the crystal in successive interactions (Fig.3.1.12). 
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Fig.3.1.12: Spectrum obtained with a 3x3" crystal (AhIistedt 2011). 
It is important to note that due to the behaviour of the photomultipliers against changes in 


count-rates, the spectrum may shift (Fig.3.1.13) invalidating measurements obtained using a 
fixed energy window. 
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Fig.3.1.13: Spectra of’® F for two different activities (Leisure 1992). 


Returning to Figure 3.1.11, it follows that specific detectors for RIA (Radio-Ilmmuno-Analysis) 
using *°l, which emits 27.5 keV photons, use small crystals (~ 4.5 cm) as they have an 
efficiency of 100% for this energy. For this type of application, multi-well ("multi-crystal") 
detectors have been developed in order to count different tubes simultaneously (Fig.3.1.14). 


Fig.3.1.14: Multi-tube equipment (Berthold) 


It is interesting to note the non-linear behaviour of Nal(TI) especially in the low energy region 
where RIA detectors work (Fig.3.1.15). For higher energies, as mentioned in the discussion of 
scintillation crystals, it is usual to consider it linear although strictly speaking it is not (see 
Annex AA). 
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Fig.3.1.15: Non-linearity of Nal(Tl) with respect to photon energy (from Perkin-Elmer 1997). 


The dependence of the count rate on the sample volume affects differently whether samples 
are prepared at constant concentration or constant total activity (Fig.3.1.16). When working at 
constant concentration and if the liquid volume is increased, the activity has to be increased to 
maintain the same concentration and therefore the number of counts increases. When 
operating at constant activity, increasing the volume decreases the amount of activity 
distributed throughout the volume and therefore decreases the activity detected. 
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Fig.3.1.16: Rate behaviour as a function of sample measurement technique (Cherry 2012). 
3.2: Large volume detectors 


This type of detector, although not very common, can be part of the tools used in nuclear 
medicine laboratory examinations. Some departments have detectors for large sample 
volumes for the detection of very low activities such as the detection of blood in faeces by 
means of “Cr. Figure 3.2.1 shows one of these detectors with a 10 cm thick lead shield. In the 
centre of the well, the scintillation crystal is visible, resulting in high efficiency geometries with 
very low background. 
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Fig.3.2.1: Large volume scintillation detector (H.U.Bellvitge) 


3.3: B Radiation tube counters 


The measurement of samples with radiation B is carried out with liquid scintillation counters. 
This technique consists of dissolving the emitter B in a scintillation liquid so that the 
interaction of the electrons causes photons which are detected by photo-multipliers. The light 
production is very weak compared to Nal(TI), which means that the vials must be in absolute 
darkness. Figure 3.3.1 shows the schematic of a liquid scintillation detector. Detectors with 2 
photomultipliers to increase efficiency are now commercially available (Himex). 
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Fig.3.3.1: Schematic of a liquid scintillation detector (Cherry 2012) 


The vials must also be made of a material that is not attacked by the solvent and does not 
contain traces of “°K, which is an B emitter. 

In nuclear medicine laboratories, automatic counters such as the one in Figure 3.3.2 are used 
for sequential detection of large numbers of samples. 
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Fig.3.3.2 Automatic detector LKB Rackbeta 


3.3: Quality performance aspects 


In the routine quality control of a tube detector, two aspects must be considered: one, that of 
the counter itself, and the other, in the case of a multi-crystal counter, which involves checking 
each detector separately and verifying the equivalence between them (standardisation). 


3.3.1: Individual monitoring of detectors 

Quality control has to take into account that the energy window is centred on the 
photoelectric peak of interest. This is done by means of a multi-channel analyser. 

It is important to check daily that the background has not changed from other times because, 
despite the shielding, they are very sensitive to the presence of "stray" external radiation 
sources that can generate scattered radiation due to the Compton Effect. 

The measurement of the background has to be done with the same type of container used for 
the measurements. 

Calibration in energy must be performed for each radionuclide to be used in the counter. For 
this purpose, it is best to use calibrated sources of energy similar to that to be used in practice 
(e.g.°’Co as a surrogate for *Tc) and to obtain a sensitivity correction factor. 

The constancy test should routinely be performed in the same way as for an activimeter, with 
a standard source measured daily. Its reading minus background should not vary by more than 
10% in successive readings, provided that a standard source with a very long decay period is 
used. With this tolerance, and using **’Cs, it is sufficient to obtain reference values every 6 
months. In this way, possible drifts that would cause different measurements on successive 
days are detected. 

The linearity with respect to the number of counts should be controlled. This can be done by 
successive measurements of a radioisotope with a fast half-life (Tc) or by sources of 
decreasing activity with the same volume. 


3.3.2: Control of multi-crystal detectors 

With multi-crystal detectors, in addition to the quality control of each individual detector, the 
equivalence between detectors and the influence of samples in adjacent tubes ("crosstalk") or 
samples in a rack before or after measurement must be taken into consideration. This 
influence depends on the energy as well as the type of internal shielding of the meters. 
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4: External detection probes 


External detection probes are solid scintillation detectors that are currently used to measure 
the activity of the thyroid gland to estimate its functional status using radioactive iodine, as 
the thyroid is the target organ. Traditionally, 311 is used because it is inexpensive and emits 
364 keV photons as well as electrons, and is therefore used in both diagnosis and therapy. 
These detectors are also called uptake probes. 


4.1: Description and operation 


The basic structure of the detector is shown in Figure 4.1.1. It consists of a single-hole conical 
collimator, a scintillation crystal and a photomultiplier, plus the necessary electronics and 
mechanical fixings. The energy of ‘| requires the use of Nal(TI) crystals of a certain size, 
typically 5x5 cm. 


Pulse height 
analyzer 


Scalar 
and display 


Fig.4.1.1: Schematic diagram of an external probe 


Figure 4.1.2 shows an actual detector in its mechanical holder for orientation and the 


computer for control. 
f = a 
if | 


s 
> es 
Fig.4.1.2: External detection probe (Atomlab Biodex DuFarma 2013) 
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4.2: Performance characteristics 


The sensitivity of a detector can be defined as the fraction of the emitted radiation that is 
detected. This detection capability depends on several factors, some external to the detector 
itself and some internal. The external factors are the geometrical efficiency, which is the ratio 
between all the emitted radiation and that which reaches the detector, and a factor that 
depends on the self-absorption of the source and the material interposed between the source 
and the detector (F). The internal factors depend in turn on the intrinsic efficiency of the 
scintillation crystal and on the percentage of the detected photons that correspond to the 
energy of the emitted photons. The expression of the sensitivity is 


where g is the geometrical efficiency, € is the intrinsic efficiency of the scintillation crystal for 
the radiation energy, f is the fraction of all pulses that fall within the pulse acceptance window 
(photo-fraction) and the factor F. Figure 4.2.1 shows how the intrinsic efficiency of Nal(TI) 
varies with energy and crystal thickness. It follows that to obtain the highest efficiency for 364 
keV photons (~ 90%), at least 5 cm thick crystals must be used. 
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Fig.4.2.1 Variation of Nal(TI) intrinsic efficiency by thickness (Cherry 2012) 


The most critical factor is the geometrical efficiency which, for a point source located at 
distance "D" from a scintillation crystal of radius "r" is given by the expression 


This relationship comes from considering that the intensity arriving at the detector is the 
intensity per unit area at the distance D times the area of the detector (Fig.4.2.2). 
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Fig.4.2.2: Schematic diagram of geometric efficiency 


This expression indicates that the greater the area of the entrance surface of the crystal the 
more photons will be detected for a distance D and that this number decreases with the 
square of this distance. 

Table 4.2.1 shows the values obtained using a detector with a 5x5 cm Nal(TI) crystal for 
with an activity of 30u Ci and self-absorption F=1 at different source-detector distances. 


131 
| 


Distance Geometric efficiency Photo-fraction 
D [cm] g f 
8 25 10° 0,75 
14 8,2 10° 0,76 
20 4,03 10° 0,75 
26 2,38 10° 0,76 
32 1,57 10° 0,75 


Table 4.2.1: Geometric efficiency and photo-fraction values for a probe (From Kog 2018) 


These values highlight the quadratic decrease of the geometrical efficiency with distance. They 
also indicate that the photon fraction f is practically independent of the detector-source 
distance if there is no intervening material medium. 

On the other hand, the variation of the response with respect to the lateral displacement 
shown in figure 4.2.3 for a conical collimator has to be considered. 


Distance 
from 


Fig.4.2.3: Response of a conical collimator (derived from Wilson 1988) 
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It is observed that for small displacements comparable to the crystal radius, the response is 
practically constant but decreases abruptly for larger displacements as shown quantitatively in 
figure 4.2.4. 


Fig.4.2.4: Dependence on the displacement in (%) with respect to the detector centre (derived 
from Hine 1967) 


It follows that by adjusting the distance between the collimator and the thyroid, the whole 
thyroid gland is correctly covered. 

Both the dependence on distance and lateral displacement require meticulous centring in 
order to be able to compare successive measurements on the same patient or between a 
standard sample and a patient. Indeed, these devices have mechanical adjustments to 
systematise the position of the detector in relation to the patient (Fig.4.2.5) from a vertical 
support with an adjustable arm. 


Fig.4.2.5: Position of thyroid uptake (Biodex) 
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In addition to mechanical adjustment by means of a rod to adjust the distance, there are 
models (Fig.4.2.6) that incorporate a laser pointer to correctly "centre" the thyroid. 


Fig.4.2.6: Centring by laser pointer and distance rod (Biodex) 


Thyroid uptake studies are based on being able to measure the variation in the activity of the 
gland over time. To be able to quantify this evolution, it is necessary to be able to compare 
with a reference or standard source whose activity and composition is identical to that 
administered to the patient. For this purpose, it is essential to use a neck phantom which 
approximately reproduces the position and depth of the thyroid and which can be measured 
as if it were a patient as in figure 4.2.7. The perspex phantom has an off-centre hole 1 cm from 
the lateral surface into which the standard vials are placed. 


CARRIER 


BOTTLE CONTAINING 
STANDARD 


Fig.4.2.7: Thyroid uptake neck phantom (Biodex-2). 
It is important to use a neck phantom to reproduce with some realism what happens in 


practice. Figure 4.2.8 shows the outline of a neck cut at the level of the thyroid as well as the 
outline of the phantom. It also schematises the detection of scattered radiation. 
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Fig.4.2.8: Neck cross-section (Derived from Hine 1967) 


The positioning of the phantom must correspond exactly to that of the patient in order not to 
introduce errors due to the high geometric sensitivity (Fig.4.2.9). 


"lead shielding 
22cm 
_ 


Fig.4.2.9: Positioning of the phantom (Biodex-3) 


Figure 4.2.10 shows the spectrum for “| with and without interposed material. Both the 
directly emitted photons and the photons scattered by the Compton effect in the other tissues 


are detected, which means that the spectrometric window has to be perfectly centred. 
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Fig.4.2.10: Spectra of ** | in air and with neck dummy (derived from Hine 1967). 


These probes have been used and can still be used for non-imaging procedures such as the 
detection of vascular leakage of radiopharmaceuticals in some metabolic treatments. 


4.3: Previous uses 


Before the advent of computerized gamma cameras with this type of detectors, renograms 
(Fig.4.3.1) were obtained by placing each probe in front of the kidneys. In a completely 
analogue way (without the intervention of any computer), the rapid time evolution of the 
tracer was obtained by means of a graphic recorder. It is interesting to note the delineation of 
the kidneys on the patient's skin. 


Fig.4.3.1: Analogue renography equipment (RSNA 1962) 


Figure 4.3.2 shows specific renography equipment from the 1960s. Note the large size of the 
scintillation crystals suitable for high counting efficiency when using 31)_Hippuran with energy 
of 360 keV. 
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Fig.4.3.2: Two-probe renography equipment (Burbank 1963) 


With this type of equipment, graphical records such as the one shown in Figure 4.3.3 were 
obtained from which, by measuring on paper, different parameters were obtained that made 
it possible to quantify renal function. 
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Fig.4.3.3: Analogue isotope renogram (Burbank 1963) 


All available means are used at all times to be able to diagnose as safely as possible. Uptake 
probes were also used to detect and localise lesions. Figure 4.3.4 shows the detection of a 
brain tumour using a scintillation detector in 1957. The collimator used was a conical pin-hole 


collimator. 
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Fig.4.3.4: Detection by external probe (Castell 1993) 

4.4: Performance Aspects 

The quality control of these detectors has to cover all aspects of a radiation counter. 
Therefore, possible variations in energy identification (resolution and calibration) and counter 
performance, i.e. sensitivity, accuracy, linearity with activity and background level, must be 
taken into account. The periodicity of these tests should be done according to a protocol such 
as that of the European Association of Nuclear Medicine (Busemann-Sokole 2011). The most 
important aspect of these protocols is to ensure the stability of the measurements, whether 


this depends on the equipment (constancy) or the conditions under which the measurements 
are made. 
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5: Intraoperative detection probes 


Detection probes for sentinel node localisation are a step forward compared to detectors for 
thyroid uptake. They are small instruments which, in addition to detecting and quantifying 
radioactivity, allow for manual localisation of the radiation source. Consequently, their 
operation involves features that take into account their ability to discern nearby sources, such 
as Spatial resolution, in addition to those of a radiation detector. 


5.1: Description and principle of operation 


A surgical detection probe consists of a small detector used to locate small uptakes such as 
sentinel nodes, especially in breast cancer. The physician moves the detector from the 
injection site (tumour) of a radioisotope to see if the tracer has drained through the lymphatic 
chain. The doctor moves the probe and is guided by the intensity of the sound generated by 
the equipment, which depends on the activity it detects as it moves and is displayed on a 
screen. 

The structure of these detectors is shown in figure 5.1.1. Depending on the radio- 
pharmaceutical used, there are two types of probes, one for low energy and one for high 
energy in order to optimise the sensitivity of the detection, with the associated electronics 
being common. 


Collimator 
Cs\(TI) 


Si photodiode 


High energy y-ray probe 


Collimator 
CZT or CdTe 


Amplifier 


Fig.5.1.1 Schematic of 2 types of intra-operative probes (Cherry 2012) 


A third type of probe based on the classical scintillation detector Nal(Tl)+photomultiplier 
crystal is practically not commercially available now because of the size required for a 
photomultiplier (the smallest photomultiplier currently on the market has a diameter of 2.2 
cm-Hamamatsu). This combination is only feasible by optically linking the crystal to the 
photomultiplier via fibre optics over a certain distance, which increases the weight and 
handling and decreases the safety when working with high voltage. 


63 


5.1.1: High energy probes 

In figure 5.1.1 we see that the high energy probe follows the classical scintillation crystal + light 
sensor scheme with Nal(TI) replaced by Csl(TI) and the photomultiplier by a silicon photodiode. 
Csl(Tl) has similar characteristics to Nal(Tl) with higher detection efficiency due to its higher 
density and similar effective atomic number (Zeff ), higher light production (luminosity) but 
lower "response speed". 


Zeff Density Time constant Luminosity Wavelength 
(g/cm*) (ns) (photons/keV)) (nm) 
Nal(TI) 53 3,67 250 38 415 
Csl(Tl) 54 4,51 900 54 550 


Table 5.1.1: Characteristics of Nal(Tl) and CsI(TI) 


On the other hand, the absorption of both crystals is similar for the energies used in the 
sentinel node (Fig.5.1.2). 
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Fig.5.1.2: Absorption in Nal(TI) and CsI(TI) highlighting the range 30keV-511 keV and 
particularising the 140 keV of the ”Tc-(derived from Saint Gobain). 


Figure 5.1.3 shows the spectra of the photons produced by both crystals. It shows that the 
intensity distribution for Csl(TI) is much larger than for Nal(TI), which is in agreement with their 
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Fig.5.1.3: Emission spectra for Nal(TI), Csl(Tl) (Saint Gobain) 


64 


CsI(Tl) emits light (max. 550 nm) which is adapted to silicon photodiodes (Detec 2006). The 
dimensions of the Csl(TI) crystal, although they depend on each model, are of the order of 15 
mm thick by 8 mm in diameter. The assembly is shielded by 3 mm of Pb and a stainless steel 
coating. 


5.1.2: Low energy probes 

Low energy probes use CZT or CdTe crystals of about 4 mm in diameter and 1 mm 
thick. The collimator can be of different apertures, usually around 7 mm. The shielding 
is a Pb and W alloy with high density (17.6 g/cm3) (Benjegaerd 1999). 
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Fig.5.1.4: Comparison of efficiencies between CsI and CdTe (derived from Silva 2006). 


From figure 5.1.4 it can be seen that for very low energies both CdTe and CsI have absorption 
equal to 100%. For ”Tc both crystals have different efficiencies (50% and 90%) but for high 
energy as in the case of **'I, the 10mm CsI is better adapted than CdTe (25% vs. 9%). 

Figure 5.1.5 shows a device with the two types of probes, one for high energy with a large 
collimator and one for low energy. 


Low energy probe 


High energy probe 


Fig.5.1.5: Probes for different energy and control electronics (Europrobe) 


The collimators are of utmost importance in these probes as they have a direct impact on the 
ability to locate clusters of activity and as shielding to minimise the detection of radiation from 
"lateral" sources. In addition to their wall thickness, collimators are characterised by their 
length and aperture. In some instruments it is possible to interchange the collimator, in fact, 
the crystal is always collimated and an optional collimator can be added (Fig.5.1.6). 


Detector 


internal collimator 


Fig.5.1.6: Schematic of the detector and collimator area (Chiesa 2008) 


Figure 5.1.7 shows different types of "optional" collimators that can be fitted to detectors. 
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Fig.5.1.7: Collimators of different aperture and for different energy (Wydra 2005) 


The electronic control normally incorporates different preset energy windows (not modifiable 
by the user), which must be chosen according to the radiopharmaceutical used. 


5.2: Performance characteristics 
5.2.1: Energy selection 


Table 5.2.1 shows the preset windows for the different radioisotopes used in sentinel node 
detection. 
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Nuclide Energy window 
Lower energy treshold (keV) high energy treshold (keV) 

125) 20 60 
2017) 67Gq 60 100 
99mT¢ 120 160 
111} 170 245 
131) 310 380 
PET-Nuclides 430 600 
for tests with °’Co 100 140 
All <60 >511 
Additional nuclides on request 


Table 5.2.1: Energy windows (Photonics) 


The pulse acceptance window in the energy selection plays an important role in discriminating 
the Compton scattered photons in the patient's tissues and in the detector crystal itself 
(Fig.5.2.1). The window is defined by its centre, lower and upper limits. 
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Fig.5.2.1: Spectrum and energy window (Chiesa 2008) 


The scintillation crystals are sensitive to temperature, so it is necessary to allow some time to 
elapse between switching on the detector and its use, especially taking into account the 
change in temperature that can occur in an operating theatre compared to the outside. Figure 
5.2.2 shows how the position of the photopeak varies as a function of time after a change in 
temperature. It is therefore advisable to allow the detector to stabilise thermally (approx. 30 
minutes). 
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Fig.5.2.2: Stabilisation of the spectrum after a temperature change (Dolev 2008) 
Temperature also plays a non-negligible role in the energy resolution, i.e. in the "widening" of 


the photopeak. Figure 5.2.3 shows the variation of the Csl(TI) energy resolution for the 662 
keV of *°’Cs with temperature. 
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Fig.5.2.3: Variation of the photopeak width for *°’Cs of CsI(TI) (Dolev 2008) 
Each manufacturer offers a number of detectors designed for each use, from the most 


common for sentinel node detection, to the laparoscopic and wireless. Figure 5.2.4 shows one 
manufacturer's offering that includes 2 wireless probes. 
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Fig.5.2.4: Different detectors offered by one manufacturer (Europrobe). 


The dimensions of these probes vary between 16 and 40 cm in length. The interesting thing to 
note is the diameter of the collimator hole. For Cs! probes (7°"Tc (140 keV), *”” In (245 keV), 7271 
(364 keV)) the diameter is 11 or 16 mm. For probes with CdTe this diameter can be 6, 10, 12, 
14 mm for use with *"Tc (140 keV), *7°1 (27 keV), *"In (171 keV). 


5.2.2: Sensitivity 

The sensitivity of a surgical probe is conceptually the same as that of an external uptake probe, 
as they are two "variations" of the same basic detector. It basically depends on two factors: 
one geometrical and one intrinsic. The geometrical one depends directly on the solid angle 
subtended by the collimator and the intrinsic one depends on the nature of the crystal and the 
radiation energy and the pulse acceptance window. Table 5.2.2 shows the values obtained 
with 6 different probes in 30-second measurements for different distances but always 
perpendicular to the source (0°). 


Distance [mm] Type of probe 
Neoprobe Gamma Finder® Europrobe1 Europrobe2 GRP1 GRP2 
[count] [count] [count] [count] [count] [count] 
30 4.800 15.300 7.680 8.640 31.000 49.050 
50 3.700 11.800 8.650 4.960 18.900 36.000 
100 1.600 5.100 4.480 1.600 7.200 17.700 


Table 5.2.2: Performance comparison of 6 probes (Wydra 2005) 


The major differences between them are due to different configurations between crystal and 
collimator. 


5.2.3: Spatial and angular resolution 

Spatial resolution and shielding are essential to locate the sentinel node. The resolution is to 
be able to distinguish radiation sources in close proximity to each other such as the lymph 
node and the injection site of the tracer. The probes are designed to localise or, in other 
words, to detect and count directionally. To do this, interference with other possible sources 
of radiation such as the background must be avoided, so it is very important that the probe 
and collimator are adapted to the energy of the tracer used. Figure 5.2.5 shows the shielding 
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of the probes. It has to cover the whole probe as photons penetrating through the handle 
could be counted as "good" photons. 
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Fig.5.2.5: Probe shields. A: Nal(Tl), B: Cs(i), C: CdTe (Bengegard 1999). 


A probe is manually oriented and this means that it can approach to a radioactive source in 
two directions (in "vertical" and "sideways") as well as being able to work at an angle, i.e. not 
vertically. All these orientations and distances directly influence the sensitivity, i.e. the number 
of counts recorded. The dependence on these "degrees of freedom" has an impact on the 
quality of clinical practice. Figure 5.2.6 shows how sensitivity varies with distance and with 
angle to the vertical. 
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Fig.5.2.6: Angular and distance variation (Camacho 2011) 


As the distance increases, the number of counts decreases as 1/d*,, where d is the detector- 
lesion distance because it is a cylindrical collimator (see external probes). It also shows the 
"symmetric" behaviour with respect to the angle, from which it follows that it is important to 
try to work as perpendicular as possible to avoid loss of counts with orientation. Once an 
increase in activity has been located, the probe should be oriented to pinpoint the position of 
the sentinel node more precisely. This angle dependence is called angular resolution. 

The spatial resolution, on the other hand, informs how close two sources can be to each other 
in order to be detected as two distinct sources and not as one large source. The standard 
criterion is to consider this distance to be the same as the width at half height (FWHM) of a 
point source image. Figure 5.2.7 shows the result of this test. 
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Fig.5.2.7: Count profile from a point source by lateral displacement (Abreu 2011) 


This width, mainly due to the collimator, varies with distance, so its value must always be given 
for a given distance. Figure 5.2.8 below shows how, to what extent, the resolution can vary 
according to the probe and distance (especially of the collimator). 


1000 


Fig.5.2.8: Variation of counts profile with distance (15, 20 and 25 mm) (Wydra 2005) 


5.2.4: Energy resolution 

Energy resolution, in that it informs the ability to discern similar energies, is also of 
importance. This makes it possible to discern between photons that have been fully and 
directly absorbed by the crystal and therefore maintain the original direction of their emission 
from those scattered by the Compton effect and therefore of lower energy that contribute to 
"smearing" the localisation and increase the background (Mariani 2005). On the other hand, 
the use of the right crystal is of utmost importance. Figure 5.2.9 shows the large difference in 
resolution for a Nal(TI) crystal and a CdTe crystal for®’"Tc. In fact, this indicates why Nal(TI) 
probes are hardly commercially available today, as virtually all sentinel node scans use ”Tc. 
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Fig.5.2.9: Spectra of" Tc for Nal(Tl) and CdTe (Zanzonico 2000) 


The Csl (Tl), on the other hand, has energy resolutions that make it valid for both high energies 
and the ”Tc (Table 5.2.3). 


Radioactive Energy level (keV) Energy Resolution (%) 
source 


"CS 662 10.0 
~“Mn 835 8.8 
RCo 1173 5.6 
“Na 1275 7.9 
Reo 1333 5.9 


Table 5.2.3: Energy resolution for a 20 mm thick, 20 mm diameter Csl(TI) crystal (Costa 2005) 


5.3: Counting conditions for localisation 


Since the aim is to localise, i.e. to detect possible pathological uptake above the background, 
sensitivity is of particular importance in order to be able to differentiate statistically different 
activities from those in the background in a short time while in the operating theatre. Although 
sensitivity can be increased by widening the acceptance window, this also increases the 
background level. It is therefore essential that the probes have the highest possible sensitivity. 

For a radioactive count to be said to be distinguishable from the background with a probability 
of 95% it is necessary, due to the Poisson (or Gaussian) statistic, that they differ by 2 standard 
deviations (20). The standard deviation o of the difference is given by 


1 
= —- [A +A 
Ae aoe oe 


where Ajis the activity of the lesion and Ar the background activity and At is the measurement 
time. Hence, the longer the measurement time at a probe position, the lower the uncertainty 
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and the more reliably it can be detected. The graph in figure 5.3.1 shows the minimum time 
required to distinguish with 95% certainty between lesion and background as a function of the 
lesion-to-background ratio. 
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Fig.5.3.1: Minimum counting times in sentinel lymph node detection (Zanzonico 2000). 


So, for example, if the ratio between the counts of a possible injury is 10 times greater than 
the background and these counts of the uptake are 250 cps, then 2 seconds is enough to be 
95% certain that the localization is correct. 

The higher the number of detected counts, the less time is required as the lesion and 
background activities are constant for a given patient, which is important in the operating 
theatre. It follows that sensitivity, i.e. the ability to detect above a certain activity, is essential. 


5.4: Aspects of performance quality 


Different protocols exist for the quality control of intraoperative probes. Many of them are 
based on NEMA standards (Nu-3-2004). These standards have been developed to standardise 
performance and measurement in order to make products from different manufacturers 
comparable. It should be remembered that NEMA stands for "National Electrical 
Manufacturers Association", i.e. they are standards from manufacturers for manufacturers. In 
no way does it originate from quality control. "This standard will make it possible to compare 
devices from different manufacturers against the common criteria to ensure that devices 
operate properly, and it will allow users to be confident in the devices they select," as the 
chairman of the working group that drafted the NU-3 clearly states and which is fully in line 
with the idea of the other NEMA standards for at least nuclear medicine. 

NEMA standards provide the appropriate framework for user acceptance quality control 
testing of equipment, i.e. checking that the newly purchased equipment complies with what 
the manufacturer has given as performance (by setting the methodology to be used). The work 
of Zamburlinia (2009) is a good example of this. 

However, users have also used them, in part, as a reference or basis for routine quality 
control. This is the case of the work of the British Society of Nuclear Medicine (2005), 
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Zanzonico 2008, Varela 2010, as well as the Spanish Protocol for Quality Control of Nuclear 
Medicine Instrumentation (2010). 

The basic routine control tests are those necessary to know the status of the equipment and 
that its performance has not changed on successive days. These can be summarised as 
measurement of the background level, constancy of sensitivity and control of the energy 
window (if possible). 
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Nuclear medicine detectors - with imaging 
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Imaging the distribution of a radiopharmaceutical is, in a way, the next logical step after 
detectors to measure organ uptake and intraoperative probes to manually locate a small 
radiation source such as a sentinel node. This next level of complication of detectors is formed 
by equipment that in addition to detecting and quantifying generates images of the activity 
distribution. This representation can be in two dimensions - planar gammagraphy/scintigraphy 
- or in three dimensions - tomographic images. The latter can, in turn, come from two different 
radiation sources, SPECT as tomography using gamma emitters, or PET, which is based on 
positron emission. Both tomographic techniques require complex tomographic reconstruction 
calculation programmes to obtain diagnostic images. 
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6: Gamma cameras 


6.1: Historical background 


Imaging of radioactivity distributions dates back to the 1940s with the use of a focused 
detector such as the one in figure 6.1 A showing a manual system for moving the detector. 
With this type of equipment, the activity was obtained in a series of dots which were 
transferred onto graph paper (Fig.6.1 B). Contours of approximately the same activity (iso- 
contours) were searched for manually. 


Fig.6.1 A: Manual recording device B: Cartography (Blahd 1996, Castell 1993) 


The next important step was taken by Dr. Cassen using a solid scintillation detector with a 
convergent collimator that automatically performed a zigzag motion to produce an activity 
map (Fig.6.1.2) by means of a small printer that tapped according to the activity. 
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Fig.6.1.2: Dr. B. Cassen and the prototype of the linear scanner (Blahd 1996). 


These machines were called linear scanners because they scanned line by line. The equipment 
was improved by Khul (Wackers 2019) so that the activity was translated into light that 
blackened a radiographic plate. 

A linear scanner has four distinct parts (Fig.6.1.3). It is important to note that the movement of 
the detector was translated exactly on a sheet of paper or radiographic plate. This means that 
the gammagraphies were life-size, i.e. they reproduced on a 1:1 scale what was detected. 


Percussion 
printer 


Scintillation 
detector 


Fig.6.1.3: Linear scanner (Picker) 


The information generated by the tube was activity (count/s) and therefore numerical. In 
order to be able to represent it graphically, it had to be scaled between the maximum and 
minimum value in a certain number of count levels. To do this, the point of maximum activity 
Was manually located and assigned the colour red (or black in the case of b/w equipment) and 
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the counts were divided into up to 8 levels, each level being assigned a different colour or grey 
level (Fig.6.1.4). 
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Fig.6.1.4: Thyroid and renal scintigraphy (Castell 1993) 


If the printing was made on a radiographic plate, apart from facilitating its interpretation due 
to the habit of observing radiographs, it allowed the scan to be superimposed on a 
conventional radiograph (Fig.6.1.5) since both corresponded to the real size of the patient. 
Naturally, this superimposition was done manually on a negatoscope. 


Fig.6.1.5: Superimposition of a cardiac scan and an X-ray image (Castell 1993). 


Point-by-point imaging restricted its application to studies where activity did not vary 
appreciably during scanning. A scan could take 15-20 minutes depending on the area of 
interest. The great advantage of this equipment was that it facilitated anatomical localisation 
as the image was life-size. 

The next step was to obtain the activity distribution simultaneously at all points in an area of 
interest. Hal Anger developed a method of simultaneous acquisition that dispensed with 
mechanical movements by using a set of photomultipliers working simultaneously on a 
scintillation crystal. The prototype gamma camera was presented in 1957 (Fig.6.1.6). 
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Fig.6.1.6: Hal Anger and the first gamma camera prototype (Vanderbilt University) 
6.2: Description and operation 


6.2.1: Gamma camera or Anger camera 

The original diagram of a gamma camera head (Fig.6.2.1) shows that the detector consisted of 
7 photomultipliers applied on a common scintillation crystal 4" (~ 10 cm) in diameter and % "(~ 
0.6 cm) thick, attached to electrical resistors which allowed, as will be explained later, to 
estimate the position of the scintillations and their energy. Once the scintillations had been 
located and analysed, they were sent to an oscilloscope. In this first gamma camera, a "pin- 
hole" collimator was used, i.e. a conical collimator with a very small aperture which, by 
adjusting the distance, made it possible to obtain an image that "covered" the entire 
scintillation crystal. 


Scintifietion 
‘ \\ crystal 
Lead housing 


Phototubes 


Light roys 


Scintillation crystal 


Pinhole operture 


———-—-= Gammo rays 


Subject 


Fig.6.2.1: Schematics of the first gamma camera (Anger 1958) 
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Fig.6.2.2 shows one of the first gamma cameras and the first "clinical" image obtained with it. 


Fig.6.2.2: Initial gamma camera and first scan (Powell 1979) 


It is curious to observe how 7 cables (as many as photomultipliers) come out of the head and 
are connected to a control unit, from which a cable goes to the oscilloscope on whose screen is 
attached a Polaroid camera . Each photon caused a "flash" or scintillation which was 
photographed. During the exposure, the flashes accumulated, resulting in a greater intensity of 
light points recorded in the areas of greatest activity and a gradation in grey levels according to 
the activity recorded. 

The speed of detection and display of scintillations, as there were no mechanical movements 
involved, allowed a high speed of image recording by a film camera. Fig.6.2.3 shows a gamma 
camera with filming equipment and "dynamic" image sequences. 


camcorder 


Fig.6.2.3: H.O. Anger with a film recorder (Powell 1979) and film at 1 frame /30s and 
accumulation images (Gottschalk 1996). 


24 - . F : - 7 
Polaroid cameras used a film whose emulsion was developed automatically in about a minute after 
exposure. 
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The first commercially available gamma camera was marketed by Nuclear Chicago in 1962 
(Fig.6.2.4). It had a %" thick glass with a diameter of 8" (20.3 cm) and 19 photomultiplier tubes 
with a pin-hole collimator. Soon (1964) cameras with a 12" (30.5 cm) glass were developed 
with a wider range of clinical applications using multi-hole collimators. 


Fig.6.2.4: First commercially available gamma camera - 1962 (Kereiakes 1987). 


The first gamma cameras only had manually controlled movements for positioning the 
detector head, as was the case with those marketed until the 1980s (Fig.6.2.5). 


Fig.6.2.5: Gamma cameras: Searle-Pho Gamma V, and Picker DynaCamera. 


It should be noted that current gamma cameras have the same basic structure as the initial 
gamma camera (Fig.6.2.6) except for the possibility of having 2 or 3 heads and the 
incorporation of automatic movements thanks to the computerised control of the movements 
(another application of computer technology in this equipment !). 
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Fig.6.2.6: Basic structure of a modern gamma camera (Sopha DSX) 


The first electronically controlled movement consisted of a longitudinal movement to be able 
to detect distributions of greater length than the field of vision of the gamma camera, which 
gave rise to whole body (WB) gamma cameras. The second movement was that of rotation 
around the patient in order to acquire images at successive angles that could be used to 
obtain, by means of a tomographic reconstruction programme, an estimate of the distribution 
of tracer inside the patient, similar to what was obtained with CT scans. 


6.2.2: Detector head functions 

1) Detecting radiation, i.e. converting gamma radiation from the patient into easy to 
manipulate signals. Detection makes it possible to estimate and subsequently analyse the 
energy of the radiation and to determine the activity, i.e. to perform the functions of a 
counter. Detection in conventional gamma cameras is based on the scintillation detector with 
a Nal(TI) crystal. 

2) Locating the source of radiation by calculating the coordinates of the detections 
(scintillations) using the so-called "Anger logic", although cameras with another calculation 
system are commercially available. Determining the coordinates of the scintillations is not 
sufficient to form images, it is necessary to use a shielding that only allows the use of one side 
of the scintillation crystal and a system that allows the selection of the valid direction of the 
photons, which is achieved by means of a collimator. 


6.2.3: Structure of the detector 

Figure 6.2.7 shows the schematic of the gamma camera detector. It can be seen how the set of 
photomultipliers (PhotoMultiplier Tubes (PMTs) slightly over covers the dimensions of the 
collimator (Useful Field of View (UFOV)), which means that the peripheral photomultipliers do 
not have the same useful surface of the photocathode as the inner photomultipliers. The 
central field of view (CFOV) is obtained by reducing the size of the UFOV by 25 %. 
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Fig.6.2.7: Schematic of scintillation head (Pavia 1992) 


The scintillation crystal common to all conventional gamma cameras is Nal(Tl) because the 
scintillation light is perfectly adapted to the sensitivity of the photomultiplier photocathodes 
and its photon yield per keV (luminosity=Photon yield) is very high (Table 6.2.1). 


Parameter Value 
Linear attenuation coefficient at 140 keV 2.2 cm™* 
Decay time 230 ns 
Peak emission wavelength 415 nm 
Photon yield 38 y/keV 


Table 6.2.1: Characteristic values of Nal(Tl) (Camanzi) 


In addition, large, highly homogeneous Nal(TI) crystals have been obtained, which has had an 
impact on detector size. 

The detection efficiency naturally depends on the thickness of the crystal and the energy of 
the radiation. Figure 6.2.8 shows how Nal(TI) is perfectly adapted to the energy of "Tc (140 
keV), which is the most widely used radiopharmaceutical in nuclear medicine (not PET). A thin 
crystal has efficiency for 140 keV of more than 90% for a thickness of 4%" (1.27cm) or 1" 
(2.54cm). Current gamma cameras use crystals in the order of 1 cm (e.g. 0.95 cm Symbia- 
Siemens) and some manufacturers may specify a thicker glass if working predominantly with 
high energy emitters, such as “71, *“In..... Gamma cameras with a thinner glass (0.64 cm=1/4") 
optimised for *”TI (80 keV) used in nuclear cardiology have also been commercialised. 
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Fig.6.2.8: Nal(Tl) detection efficiency as a function of thickness and energy (Cherry 2012). 


Unfortunately, Nal(Tl) crystals are hygroscopic, which means that they must be sealed so that 
they do not come into contact with moisture in the air. Moisture dissolves the crystalline 
structure making it unable to generate scintillation and the light generated by the scintillation 
is absorbed by the "dilute" crystal resulting in both cases in opaque spots. Figure 6.2.9 shows 
the schematic of the "container" in which the scintillation crystal is sealed in a gamma camera 
as well as the type of spots caused by moisture. 


Scintillation 
Nal(Tl) crystal light exits to Glass 
(typically 6- to PM tubes entrance 
12.5-mm thick) f window 


| I | 


\ Gamma rays \ 
\ enter from \ 
Thin aluminum casing _ this side Reflector 
to hermetically seal material 
crystal 


Fig.6.2.9: Mounting of gamma camera scintillation crystal (Cherry 2012) and opaque spots due 
to crystal hydration (Busemann-Sokole 2001) 


Between the window sealing the scintillation glass and the photocathodes there is a "light 
guide" whose function is to increase the efficiency of light collection from the photomultipliers 
in some cases by redirecting the light produced at the gap between photomultipliers towards 
them, mainly in cameras of some years ago with circular photomultipliers. 

A light guide must be a film or layer of a material with a refractive index that prevents, as far as 
possible, light from reflecting off the photocathodes. This film may simply be an optical grease 
film, with an appropriate refractive index, so that there is no air between the photocathode 
and the exit window of the crystal, or it may be a plastic material of a certain thickness. Its 
refractive index has to be optimised for the type of PMTs used in each gamma camera model. 
Figure 6.2.10 shows the variation of the detection efficiency as a function of the refractive 
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index optical contact (which can be simply optical grease or a light guide plus suitable grease) 
for a given model of photomultiplier. 
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Fig.6.2.10: Variation of photon collection efficiency of a photocathode as a function of the 
refractive index of the optical contact (Chung 2000). 


The optical grease must be evenly distributed as it has a direct impact on the quality of the 
image: if it is not evenly distributed, the light reaching the photomultipliers will be different, 
causing similar but less intense spots than those due to humidity. It can be said that humidity 
and optical grease are the possible initial causes of the non-uniformity of response of a gamma 
camera’. A preventive measure to avoid that the grease can "slip" if it has to stand still for a 
long time is to leave the head(s) in a horizontal position. 

The coupling allows a scintillation to be seen by more than one photomultiplier, which is the 
basis for the localisation of the scintillations in the crystal by means of Anger's logic, which will 
be explained later. 

The number of photomultipliers has relied on the size of the scintillation crystals. As larger 
crystals have become available, the number of photomultipliers has increased. These, in turn, 
have evolved, with the standard size being 2" (~ 5 cm). The first photomultipliers had a circular 
photocathode, which meant that the surface of the crystal could not be completely covered 
(Fig.6.2.11), showing the gap between the photomultipliers and at the edge of the crystal. 


Fig.6.2.11: Array of 5 cm circular photomultipliers covering a rectangular scintillation crystal 
(Cherry 2012) 


The commercialisation of hexagonal photocathodes eliminated the "dead" zones between 
photomultipliers (Fig.6.2.12). 


** It has happened that all the grease in a gamma chamber has had to be replaced because its viscosity 
was too sensitive to temperature and it "liquefied" easily. 
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Fig.6.2.12: Round (old cameras) and Hexagonal photomultipliers of a Sophycamera DSX head 
(H.U. Bellvitge) 


In some cases, smaller diameter photomultipliers have been used to "fill in" the peripheral 
areas. In this way it was possible to better "track" the periphery by increasing the detection 
uniformity at the edges of the crystal (Fig.6.2.13). 


Fig.6.2.13: 2" and 1" photomultipliers (Philips) 


Rectangular field gamma cameras with square photomultipliers have also been commercially 
available (e.g. GE Millennium with CSE detectors). Figure 6.2.14 shows that to completely 
cover the same field of view with square photomultipliers requires 48 tubes and with 
hexagonal photomultipliers requires 60 tubes of the same size. 


= 


2 


Fig.6.2.14: Schematic of glass coating with square and hexagonal phototubes (GE-CSE White 
Paper, Hamamatsu ) 
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6.3: Fundamentals of operation 


6.3.1: Distribution of detected scintillation light 
The light produced by the scintillations is distributed equally (isotropically) throughout the 
crystal similar to that presented in Figure 6.3.1. 


Figure 6.3.1: Scintillation light distribution in a Nal(TI) crystal (Dahlbon 2017) and 
corresponding digital image (Nottagiahn 2010) 


Its count profile, which is the curve representing the light arriving at the photomultipliers as a 
function of distance from the scintillation point, is shown in figure 6.3.2. 
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Fig.6.3.2: Variation of light intensity with distance from the scintillation point (Scrimger 1967). 


If the light is equally distributed (hence the importance of the quality of the optical contact), 
the signal generated by each photomultiplier depends only on the intensity of the light 
reaching it. This intensity is a function of the lateral distance to the centre of the 
photomultiplier and of its vertical separation (which mathematically reduces to say that it 
depends on the solid angle subtended between the scintillation point and each photocathode 
(2, (x)) (Fig.6.3.3). 
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Fig.6.3.3: Scheme for the calculation of the light distribution (Barret 1981) 


The intensity of the light S(x); originating from a point x depends on two factors: one is the 
distance between the point of emission and the surface of the photocathodes (depth or 
"vertical" separation) and the other is the distance between the vertical of the centre of the 
photomultiplier (at the x-coordinate; ) and the point in question x (lateral displacement: x; -x). 
The expression given by Scrimger and Barret is: 


S(xj) 


S(x); = 3 
_ /2 
x 3 *2| 


[1 +¢ 


where S(x;) is the intensity in the vertical of the emission point whose shape has been shown 
in Figure 6.3.2. This behaviour has the effect that the amount of light detected by each 
photomultiplier (number of photons) decreases with the distance between the scintillation 
and the photomultiplier centre (Fig.6.3.4). 
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Fig.6.3.4: Dependence of the intensities (S; ,S, ) on the positions (D, , D, ) of the 
photomultipliers (Modified from Cherry 2012). 


It also indicates that increasing the distance between the photomultipliers and the scintillation 
focus (d), which is the thickness of the crystal plus the light guide, will increase the number of 
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PMTs that detect the light. This means that the light will be spread over a larger number of 
PMTs causing the number of photons detected in each of them to decrease. The decrease in 
the intensity recorded at each PMT has an impact on the precision and accuracy of the 
coordinate calculation, which in turn has an impact on the linearity and spatial resolution of 
the device (discussed in section 6.5.). The fact that on the one hand the number of PMTs 
increases ("laterally") and on the other hand the intensity in them decreases with the 
"vertical" separation means that there is an optimum thickness corresponding to the smallest 
error in the calculation of the coordinates as shown in figure 6.3.5. 
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Fig.6.3.5: Deviation between actual and experimental position ("error") as a function of light 
guide thickness (Chung 2000) 


A comparison of the experimentally obtained values of the centre position of the 
photomultipliers with their actual position shows that if no suitable light guide is used, i.e. if 
only optical fat is used, the calculation is far from accurate. This discrepancy has an impact on 
the accuracy of the coordinate calculation, which in turn is reflected in the linearity (Fig.6.3.6). 
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Fig.6.3.6: Effect of inclusion and exclusion of a light guide (Chung 2000). 


The curve in figure 6.3.2 of the light distribution detected by a photomultiplier closely 
resembles a Gaussian curve so that the intrinsic light distribution, i.e. in the plane of the 
photocathodes, is considered to be "for all intents and purposes" a Gaussian distribution. 
Figure 6.3.7 shows the difference between the "exact" Scrimger model and the Gaussian 
approximation. 
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Fig.6.3.7: Overlay of the profiles according to the Scrimger model and the Gaussian 
approximation (adapted from Gurko 2021). 


The Gaussian curve defined by its amplitude (value at the centre "S;") and by its standard 
deviation, is a well-known curve, which makes it easy to obtain its width at half height 
(FWHM). 

This light distribution is to be understood as that produced when EACH photon Y arrives at the 
scintillation crystal generating a cascade of lower energy photons (scintillations) which are 
distributed around the scintillation emission point (maximum value) according to this Gaussian 
distribution. 


6.3.2: Scintillation localization - Anger's logic 

The form developed by Anger for calculating the scintillation coordinates is based on: 

1) Assign a co-ordinate origin at the centre of the scintillation crystal. 

2) Assign coordinates (Xj,Yj) to each photomultiplier "j" so that each is identified by its centre 
(Fig.6.3.8). 


th 
j phototube 


Fig.6.3.8: Assignment of coordinates to phototubes (Barret 1981) 


Electronically, this is achieved by assigning a set of resistors to each phototube.”° In this way, 
the signal (intensity) generated by each photomultiplier is divided into 4 signals by means of 
resistors (Fig.6.3.9), which is equivalent to 4 resistors in parallel. 


26 A 
Capacitors have also been used. 
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Fig.6.3.9: Assigning coordinates to tubes via resistors (modified from Cherry 2012) 


For each photomultiplier its coordinates are given by 


(%4-X-) yy, _ -¥.) 
A) (¥,4+Y_) 


where X, ,X_,Y+,¥. are the currents through the resistors Ry, ,Ry. ,Ry. ,Ry applying Ohm's law 
(I=V/R). 


V 
X,= X= y= Y= 
TO Res Ry’ * Rys Ry 


Thus, substituting each of these expressions into the formulae for Xj and Yj gives 


Xj= Ry_ — Ryy fe Ry_ — Ry4 
Ry, +Ry_’ Ry + Ry_ 

which explicitly show us how the coordinates are assigned, in an analogue way, in each 

photomultiplier. 

3) Since the intensity of the signal generated in a photomultiplier depends on the distance 
between the photomultiplier and the scintillation emission point, the most direct way to 
assign coordinates to the point on the crystal where a scintillation has occurred (X,Y) is by 
weighting the coordinates of each photomultiplier (X; ,Y; ) by the intensity S; received from 
the scintillation and dividing by the sum recorded by all the photomultipliers (Z), which is 
proportional to the energy of the incident photon”’ if it were not divided, the coordinates 
would vary according to the number of detected photons, which would ultimately lead to a 
dependence of the coordinates on the energy of the radiation” . Calculated in this way, the 
coordinates depend proportionally on the intensity recorded in each tube, i.e. they depend 
linearly ("straight line") on the intensity. 

The coordinates of a scintillation (X,Y) are given by 


N N 
aS dye 5 


x , 
Z Z 


7 The sum of all detected photons is proportional to the total number of scintillations corresponding to 
the incident photon energy Y. It is proportional due to the various losses involved in its detection (see 
Annexes A5 and A6). 

- Testing this independence is one of the quality control tests. 


91 


being 


N 
b= 5 
j=l 


where "j" denotes each photomultiplier and N denotes the number of photomultipliers. 
The following figure schematizes these expressions for the case of a scintillation in one 
dimension (Fig.6.3.10). 
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Fig.6.3.10: Signal variation with distance (modified from Miyaoka 2008) 


In the calculation of the coordinates the dependence of the detected light intensity is 
considered to be proportional to the distance, which is the method applied by Anger, and 
which is very approximate. Comparing the two intensity profiles we see that the real intensity 
is higher in the centre than the one used by Anger's logic and that outside the photomultiplier 
the approximation gives higher values than the real ones” . These discrepancies mean that at 


*° The differences stem from the fact that the signal generated by a photomultiplier is not only that 
detected at its centre (which is what the linear approximation considers) but is the integral of all the 
photons detected throughout the photocathode. This intensity is obtained by integrating the expression 
of S(x); given by Barret (1981). The light distribution curve shown has been obtained by means of the “on 


L.On 
j 
{| 


1\ 
of|\ 


10 5 0 5 10 
line" program Wolfram Alpha. (I imagine that reproducing this profile analogically with resistors and/or 
capacitors is extremely difficult, if not impossible). 
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the points inside the photocathode the intensity is underestimated and outside the 
photocathode it is overestimated, which causes the coordinates to be miscalculated causing 
distortions (Fig.6.3.11) that must be corrected. 
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Fig.6.3.11: Distortions caused by approximation in the calculation of coordinates (modified 
from Cherry 2012, Rushberg 2012). 


These distortions, which are a consequence of the inaccuracy of the coordinate calculation, are 
described mathematically as a non-linearity. Linearity means the ability to reproduce as a 
straight line an activity distribution that is a straight line. 

Photomultipliers generate signals for both photons coming directly from the patient and 
photons that have undergone Compton scattering, when what we are interested in detecting 
are those that have not been scattered in the patient (or have been minimally scattered). This 
means that only pulses corresponding to a certain energy should be considered valid, as this is 
the only way to distinguish the scattered photons from the direct ones. 


6.3.2: Non-Anger logics 

The use of square photomultipliers (Fig.6.3.12), the basis of GE's CSE detectors, uses a method 
of calculating the coordinates based on the sum of row (X) and column (Y) intensities (Jansen 
1996) to which they apply for each detection a threshold of counts to eliminate distortions due 
to non-significant counts (noise). 


Fig.6.3.12: Diagram of the calculation according to Jansen (GE-CS 
E detectors) 
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Over time, variations of Anger's logic have appeared, such as that of Tanaka 1970, in which the 
weighting was done by the time delay of the pulses, or that of the Philips EPIC detectors (and 
currently all of them) which apply an iterative method based on the position obtained by 
Anger's method, using a non-linear weighting by the distance to the emitting focus (Vesel 
2005). This approximates the response to a Gaussian shape for all clinical energies and thus 
improves linearity and spatial resolution (Fig.6.3.13). 
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Fig.6.3.13: EPIC-AZ System (adapted from Vesel 2005) 
Work is still ongoing to improve detection at the edges of the photomultiplier array as these 
do not exactly match the useful field of view (UFOV). For example, figure 6.3.14 shows 


different combinations of sizes and shapes for photomultipliers and light guides, which are 
analysed by numerical simulation. 


‘4 “yi 
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ae Some configurations to reduce the UFOV edge effect (Wang 2018) 
6.4: Evolution of gamma cameras 


The incorporation of digitisation and computer technology into Anger's camera improved the 
recording of information, making it recordable and therefore retrievable. Furthermore, once 
digitised, it could be processed with numerical processors. “Computerisation" has been 
incorporated gradually without modifying the basic structure originally developed. 
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The first phase consisted of connecting the three signals generated by the analogue camera to 
two analogue-to-digital converters and recording them on an external minicomputer 
(Fig.6.4.1). 
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Fig.6.4.1: Basic connection to a minicomputer (from Sharp 1985) 


As an example of this first incorporation of "computing", figure 6.4.2 shows a fairly advanced 
analogue camera and a very common mini-computer for nuclear medicine*’ at the beginning 
of the 1980s as it was connectable to all cameras, with a computing power, "programmability" 
and flexibility far superior to the first computers dedicated exclusively to nuclear medicine 
which were developed by the gamma camera manufacturers themselves (Technicare, Elscint, 
Siemens, Picker, Philips, General Electric, CGR-Infomatec, ADAC....). 

Nowadays, in addition to the manufacturers' workstations, there are also stand-alone 
processing computers, such as the Hermes devices. The connection between the acquisition 
and control computers of the gamma camera and the workstations is usually made via a PACS 
(Picture Archiving and Communication System) using DICOM (Digital Imaging and 
Communications in Medicine) as the universal image format common to all imaging 
modalities, which facilitates the fusion of images between them. In parallel, software packages 
for PC and MAC (OASIS, OSIRIS, SEGAMI,...) running on standard personal computers have 
been commercialised. 


*° The computer company DEC (Digital Equipment Corporation) built the Gamma-11 equipment for 
nuclear medicine in the late 1970s. It was a general-purpose machine connectable to all gamma 
cameras with analogue/digital converters, with an operating system that allowed acquisition and 
processing at the same time (RT-11 Foreground/Background) except for very specific acquisitions that 
required use of the CPU at the limit. One of first SPECT prototypes was developed with a GE gamma 
camera and a Gamma-11 (Larson 1980). 
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Fig.6.4.2: Analogue gamma camera (Technicare Sigma 38HR) and Gamma-11 equipment 
(Digital Equipment Corporation)-Hospital Clinic de Barcelona. 


In this figure the central body of the computer with 2 removable 20 MB disks, the central 
processing unit (CPU) model PDP11-34 with 256KB of RAM memory, the data acquisition 
terminal, the display screen and the console for the elaboration of the studies, which was also 
a printer, can be seen. 

The incorporation of digital electronics in gamma cameras was done progressively thanks to 
microprocessors and the miniaturisation of electronics. In order to be able to observe its 
evolution, the schematic of the fully analogue camera is presented first (Fig.6.4.3). In it and in 
the following diagrams the symbols X/Z, Y/Z signify the normalisation of the coordinates by the 
energy as explained above. 
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Fig.6.4.3: Schematic of analogue camera (Elscint) and unshielded and disassembled head of a 
camera (Pho Gamma Nuclear Chicago with 19 photomultipliers (Ullman) 
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The next "incursion" of digital electronics was to digitally convert the signal in the head and to 
control the scintillation tubes by acting on the high voltage of each photomultiplier. The 
incorporation of sufficiently fast microprocessors made it possible to implement methods for 
calculating the coordinates with iterative adjustments (Vesel 2005). 


[1 Hybrid Digita! Elements 


Fig.6.4.4: Schematic of hybrid camera (Elscint)+ EPIC Detector (Philips) 


Subsequently, the signal from each individual photomultiplier and the simultaneous numerical 


control were digitised. This was the first digital version (Fig.6.4.5) which incorporated some 
corrections in the head itself. 
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All-digital camera 


Fig.6.4.5: Schematic of partially digitised camera (Elscint) and DSX camera head (Sopha 
Medical) 


Figure 6.4.6 shows a state-of-the-art head, showing how the photomultipliers no longer have 
cables coming out of them, but a parallel wiring (bus) for the signals digitised in the 
photomultipliers. 


All-digital camera 


Fig.6.4.6: Diagram of all-digital camera (Elscint) and digitised HD detector (Siemens) 


This figure shows that all the photomultipliers are "sheathed" with a metal cylinder (probably 
of the alloy "yu -metal") to mitigate the effect of their own and external magnetic fields. 
Remark: Photomultipliers, being vacuum tubes in which electrons are multiplied, are sensitive 
to magnetic fields. An external magnetic field can modify the trajectory of the electrons and 
cause the gain of the phototube and therefore the amplitude of the signal (S) to vary. 
Traditionally, the whole head has been shielded using a layer of ut -metal, which is an alloy of 
iron and nickel. However, "anomalous" behaviour has been described due to the orientation of 
the head with respect to the earth's magnetic field and magnetic fields due to other devices 
(e.g. Nuclear Magnetic Resonance-MRI) in the vicinity of a gamma camera, both horizontally 
(same floor) and vertically (lower or upper floor). These influences on the photomultipliers 
affect the calculation of energy and coordinates, which have an impact on uniformity, 
sensitivity and spatial resolution. 

The incorporation of digitalisation makes it possible to simplify and improve the calculation of 
coordinates and energy by assigning matrix coordinates to each photomultiplier without the 
need for resistor circuits. This, as will be seen below, has significantly improved the quality of 
the equipment. 
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6.5: Performance characteristics 


Irrespective of the technology used, the fundamental parameters that characterise the 
operation of a gamma camera are always the same. 


6.5.1: Energy resolution 

The energy resolution is a measure of the accuracy of the energy calculation (similar to the 
coefficient of variation defined in Section 1.4) and indicates the ability of an instrument to 
discern similar energies. Two photopeaks are considered to be distinguishable if their maxima 
are separated by a distance greater than or equal to one FWHM (Fig.6.5.1). 
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Fig.6.5.1: Separation criteria between photopeaks 


In a scintillation detector, three contributions affecting the energy resolution can be 
considered in principle. One due to random phenomena, another due to the non- 
proportionality between energy and number of electrons and a third one that takes into 
account the dispersions due to the position of the scintillation inside the crystal and 
imperfections in the generation of the pulses (e.g. non-uniformity in the photocathode). As 
these are scatterings, the global resolution is given by the quadratic composition of the three 
partial resolutions “R” according to Derenzo (2019), which are described by the variances “V” 
that characterise them (R’ =2.2367 -V). 


2 _ p2 2 2 

R* = Rg + Ray + Rin 
where Re, of statistical origin, takes into account the generation of a pulse at the output of the 
photomultiplier and can be considered to be the result of 5 cascading phenomena: production 
of light in the scintillation crystal, the collection of light in the photocathode, the production of 
electrons in the photocathode, the arrival of the photoelectrons at the first dynode and the 


multiplication of electrons. Taking all these factors into account, Prescott (1963) derives the 
expression for the relative variance (V;) of the S-pulses at the output of a PMT as: 


Vs = (1+ Vn)/N 


where V,, is the relative variance of the process chain in order to obtain a pulse of value 
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of electrons where N the number of electrons that have reached the first dynode, and m the 
gain of the multiplier stage™ . Note that Vs; is a modification of what would be a Poisson 


distribution by increasing (correcting) the "pure" Poisson value (Vpoisson =~) with the 
dispersion introduced by the method of multiplication V,,, reduced by N. 


Vin 
Vs = Veoisson + W 
This expression indicates that when the number of electrons to be multiplied (N) increases, the 
dispersion of the electron pulse (which is the current at the output of the photomultiplier) 
decreases, tending to be Poisson. Consequently it is important to obtain the maximum number 
of useful electrons (see Annex A6). 
The number of electrons arriving at the first dynode (N), i.e. before the multiplier stage, 
depends on the photon energy (E), the factors (Cz) of their conversion to electrons up to the 
first dynode and the solid angle subtended between the emission point on the scintillation 
crystal and the photocathode (see section 6.3.1). 


VEX Ce9G 


From the expression of Vs we obtain the expression for the standard deviation of the output of 
a photomultiplier of gain m as 


o = JVVs-S2 = J/(1 4+ Vn) Nm2 =m/(14+V,)°N «VE 


which shows how the scattering increases with photon energy (E) through N. The statistical 
fluctuations cause the pulses, for the same photon energy, to be almost symmetrically 
distributed around the most probable value corresponding to the photon energy. Figure 6.5.2 
shows two distributions corresponding to two different energies for the same photomultiplier, 
where it can be seen that the higher the energy, the greater the dispersion (co). These 
distributions, although analytically not exactly Gaussian, can resemble this type of curves when 
the number of pulses is high (Prescott 1962). Note also the slight "broadening" of the 
distribution on the higher energy side. 
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Relative variance means the variance divided by the mean squared value: 
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Fig.6.5.2: Pulse distribution in a photomultiplier for photons of different energy (from Prescott 
1963). 


From the expression of the standard deviation the energy resolution is obtained as 


_ FWHM _ 2,360 _ 1+V, 


ae Ss S 


where S is the number of detected photons corresponding to the energy E and that being 
Gaussian distributions, their FWHM is 2.36 times their standard deviation . 

Globally and for practical purposes, if Sp is the mean value of the pulse generated by photons 
of energy E and if the global uncertainty of Sy is 7 (a= w) the energy resolution is given by 


FWHM 
Eo 


oO 
R(%) = 100 - 2,36 = = 100- 
0 


where FWHM is the half-height width of the values of S) which are very approximately 
distributed according to a Gaussian distribution (Fig.6.5.3). 


max/2 


Fig.6.5.3: Histogram of the distribution of energy values (N, is the number of counts, Ey the 
energy). 
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In a gamma camera, the energy estimate (Z) is obtained by summing the pulses of several 
photomultipliers, which means that its distribution can be considered a Gaussian distribution 
as it is the sum of the individual responses of each PMT~ . Its variance is the sum of the 
respective variances. 


where T is the number of photomultipliers involved in the calculation, and G; the solid angle 
for each PMT. Since as the number of photomultipliers around the point closest to the 
scintillation increases, the intensity detected by each of them is lower, i.e. the number of 
photons "S" decreases as the solid angle decreases (see section 6.3), which results in a loss of 
quality as the signal-to-noise ratio of the contribution from the far tubes decreases. 

The energy resolution for 140 keV photons in a 9.5 mm (3/8") thick scintillation crystal is~ 6%, 
while in an analogue gamma camera it is 12% in the absence of any correction. Resolutions of 
9% (Seret 2011) are now achieved by reducing the number of photomultipliers involved in the 
calculation among other corrections. The CSE detector method (Jansen 1966), for example, 
does not involve photomultiplier counts below a certain threshold (% of the sum). Note that 
the use of several PMTs reduces the energy resolution. This is the price to pay to be able to 
locate the photons more accurately! 

The energy spectrum is the record of the scintillations classified by their energy in the form of 
a histogram. The ideal spectrum is one in which there is no statistical dispersion, so that all 
photons that are detected are detected by the photoelectric effect and correspond to vertical 
stripes since they are all detected at exactly the same energy (Fig.6.5.4). 


Number of Interactions 


Energy (keV) 
Fig.6.5.4 Real spectrum superimposed on ideal spectrum (modified Camanzi) 


In the real spectra, pulses of different energies are superimposed and their intensities are 
mixed (Fig.6.5.5).°° 


* The Poisson distribution, when the number of counts is relatively large (greater than 20), is 
assimilated to a Gaussian distribution. 

°° This is equivalent to what happens with radio stations (which do not stop emitting very low energy 
photons). A good receiver will be able to distinguish stations with frequencies close to each other, 
whereas a poor quality one will not distinguish them well, it will only correctly detect those that are 
further apart (its FWHM is higher than in good equipment). Note also that when tuning a station with 
the dial, the sound intensity follows a bell-shaped pattern, first poorly, then well, and then poorly again 
if you continue tuning. 
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Fig.6.5.5: Actual spectrum as a superposition of partial spectra (from Sorenson 1997) 


The quality of the energy determination (resolution) determines the quality of the rest of the 
process chain until an image is formed. 


6.5.2: Intrinsic spatial resolution 

A gamma camera is still an optical instrument, so it is logical to use a typical parameter of 
optics to specify its separating power, which is spatial resolution. 

Spatial resolution is defined as the minimum distance that must exist between two point 
sources in order to detect them as two separate sources. This distance is taken to be the full 
width at half-maximum (FWHM) of the image of each source (Fig.6.5.6). 
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Fig.6.5.6: Separation criterion between 2 point sources: Spatial resolution=FWHM 
Calculation of the FWHM 


The count profile of a radiation source at the entrance surface of the scintillation crystal 
generates a distribution as shown in figure 6.5.7. 
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Fig.6.5.7: Ideal and real point source response (Bushberg 2012) 


whose profile of counts in both X, Y directions are considered to be Gaussian curves 


PSF (r) =A: ole 


where A is the amplitude and o” is the variance, which is ultimately related to the construction 
parameters of the gamma camera. In principle, PSFs are assumed to be symmetric where r is 
the radius or distance between the centre (X; ,Y; ) and a point on its surface (X,Y). 


r= /(X-X,)?+(7-Y,)2 
The FWHM is determined from the widths along the two co-ordinate axes 
FWHM,.[mm] = 2.36 oy 
FWHM, [mm] = 2.36 oy 


and since the resolutions are normally equivalent in X and Y, the composition of the two is 


used as a single parameter. 
FWHM = 2.36- lo? +o 


The "practical" effect and the importance of spatial resolution in the images can be perfectly 
understood by considering that an object that emits radiation is made up of point sources (one 
can even think at the molecular level) and that the image obtained is the superposition of the 
images of the point sources that form it. This means that the less dispersion present in the 
image of a point (the PSF), the closer to reality the image will be as it will be less "blurred". 


The dependence of the coordinate calculation on the number of pulses in each photomultiplier 
(S;) causes statistical dispersions to propagate to the coordinates, resulting in a dispersion in 
their values. 
From the coordinate expression seen above, 
uh T i 
y a ee ki Si Y= i=1 Vj ° Si z=) 5 
Z , Z : =a ' 


1 


a Mathematically, the image of an object is obtained by convolution of the object by the PSF of the 
equipment with which the image has been obtained. 
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the uncertainty of the coordinates expressed by their variance (V=0") can be considered to be 
given by expressions of the type 


where V; the variance of the pulse generated in the photomultiplier "i" and p,,, py, the 
weights associated with each photomultiplier. The weights are (according to Anger), 


so that substituting V; for its expression as a function of the photon number (deduced in the 
energy resolution) results in the expression given by (Svedberg 1972) 


Ce Wi (px, 7 + Py) -G; 
hit =235 |S ee ze a ie! 


in which the dependence of the spatial resolution on the energy as ("/ is s given since ina 


gamma-camera the values of p,, Py, ,G; y Cg values are fixed. This behaviour can be seen in 
figure 6.5.8. Note that Svedberg uses the factor 2.36 to obtain the FWHM, assuming the 
Gaussian character of the distribution of the coordinate values. 
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Fig.6.5.8: Dependence of the spatial resolution on the radiation energy (Cherry 2012) 
The thickness of the crystal also strongly influences the spatial resolution, since the larger it is, 
the higher the probability of multiple Compton effects that increase the scattering of energy 


values for a given incident radiation (Fig.6.5.9). This dependence is accounted for by the 
constant C; which takes into account the conversion efficiency of photons to scintillations. 
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Fig.6.5.9: Dependence of spatial resolution on crystal thickness for 140 keV (Cherry 2012). 


Returning to the expression given by Svedberg, the dependence of the FWHM on the 
subtended solid angles Gi is clear, indicating that the larger they are (larger diameter of the 
photocathodes) the higher the dispersion. This has forced manufacturers to optimise the size 
and number of PMTs (packing), since the larger the photocathode size, the higher the number 
of counts and the lower the relative dispersion, but the more photocathodes, the more 
reference points and thus the greater the accuracy” . Currently all gamma cameras, for the 
same scintillation crystal diameter, use approximately the same number of photomultipliers 
with the same diameter (Table 6.5.1). 


System Discovery NMW/CT Precedence 6  Symbia Intevo6 Symbia T16 
670 Pro 

Detector crystal 3/8" Nal 3/8" Nal 3/8" Nal 3/8" Nal 

PMT™ 59 55 59 59 


Table 6.5.1: Number of photomultipliers and scintillation crystal diameter (Derived from Peters 


2019) 
Spatial resolution and detection efficiency are inversely related as shown in Fig.6.5.10. 
Less dispersion More dispersion 
Lower FWHM Higher efficiency 
: ; 
3 3 
Photopic 
Crystal (") FWHM efficiency (Tc) 


Fig.6.5.10: Relationship between thickness, spatial resolution and efficiency for °°" Tc 


> For example, the Siemens Orbiter gamma camera was marketed in two versions: one with 
37 photomultipliers (standard configuration) and one with 75 photomultipliers of higher 
spatial resolution (HD model). 
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Ultimately, the spatial resolution at each coordinate is parameterised by the width at half- 
height when presenting a distribution that is first approximated as a Gaussian (greater 
accuracy in the expression of the distribution - using another type of bell-shaped function - 
would not provide an improvement for practical purposes). 


6.5.3: Time resolution 

The radiation incident on the scintillation crystal is a succession of photons of a certain energy, 
e.g. 140 keV. The gamma camera, in principle, detects each scintillation separately, 
sequentially. However, detection takes time, albeit short, as nothing is instantaneous. The 
decay of the excitation in the Nal(Tl) crystal has a half-decay period of 230 ns. If two 
scintillations occur in a shorter time, the second generated pulse will be added to the tail of 
the first pulse and the energy discriminator will consider it to be of higher energy than it 
should be, and may reject it if it is not within the tolerance limits of the energy window 
(Fig.6.5.11). 


Pulse pileup 
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Fig.6.5.11: Scintillation overlay (Madsen 2006) 
This phenomenon is known as "pile-up" of pulses. Fig.6.5.12 shows the deformation of the 


energy spectrum due to a high count rate (B) with respect to a low count rate (A). The 
erroneous energy determination occurs not only in the photopeak but in the whole spectrum. 
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Fig.6.5.12: Spectra at low activity (A) and high activity (B) (Sorenson 1987). 
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The piling up of impulses has two consequences. On the one hand, impulses are rejected which 
should not be rejected because each one "separately" is "correct", i.e. a loss of counts is 
caused. On the other hand, the superposition of 2 or more pulses which separately would fall 
outside the acceptance window (e.g. by Compton scattering) can be considered as valid, i.e. of 
correct energy. Consequently, incorrect coordinates will be calculated. Figure 6.5.13 shows 
two extreme examples of erroneous pulse positioning. In both cases, pulses are observed 
between the point sources when they should not exist. 


Fig.6.5.13: Pile-up effect between 2 sources (Cherry 2012) and between 4 sources (Madsen 
2006) 


An example of both phenomena — count loss and image deterioration as the number of 
photons hitting the gamma camera increases - can be seen in figure 6.5.14. 
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Fig.6.5.14: Activity-dependence of response (Cherry 2012) 


This figure shows, on the one hand, how the time needed to accumulate 1,200,000 counts 
from a brain phantom decrease as its activity increases. On the other hand, it can also be seen 
that after a certain activity (in this case 9 mCi) there is no longer proportionality between the 
increase in activity and the increase in the rate of counts, so it is said that it is no longer linear. 
At the same time, the progressive deterioration of the image is observed when it ceases to be 
linear. The image on the far right shows how shielding the lower part of the phantom 
(decreasing the number of interactions) increases the quality of the rest of the image, i.e., by 
decreasing the effective activity; the localisation improves as it behaves linearly again. 

In addition to the duration of the scintillations in the crystal, it must also be taken into account 
that the associated electronics need time to be able to process the pulses. All this can be 


108 


schematised as shown in Figure 6.5.15, which shows the difference between interaction and 
detection. Indeed, whether it is the scintillation crystal or the electronics, there is a time 
during which the equipment "does not detect" correctly. This time starts to count when the 
detection of a photon begins. The minimum time that has to elapse in order to to detect two 
consecutive pulses as independent is called time resolution which is parameterised by the so- 
called dead time (t ). 


Interactions | 


Detections | | 


Fig.6.5.15: Time-out diagram 


Figure 6.5.16 shows the detected versus incident rate for 3 gamma cameras of different 
models, all with Nal(TI) glass. The dependence on the electronics can be seen as they are 
cameras of different generation (Orbiter and Symbia from Siemens) or different manufacturer 
(Axis from Picker). The similarity between the Orbiter and Axis curves is due to the fact that 
both were basically analogue while the Symbia has advanced digital electronics. 
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Fig.6.5.16: Curves due to dead time in 3 gamma chambers (Ramirez 2009) 


The first two curves indicate non paralitzable behaviour and the Symbia paralitzable behaviour 
from about 200 kcps onwards. Furthermore, it is observed that the input rate at which linear 
behaviour ceases in the Orbiter and Axis is of the order of 25 kcps while in the Symbia it is 
about 75 kcps. This increase in the rate of deviation from linearity does not mean that it is 
possible to work clinically with higher activities, but rather that all the equipment works "more 
relaxed" so that the coordinates are calculated with greater precision, which leads to a better 
spatial resolution. The same is true for other brands of gamma cameras with digital 
technology (Fig.6.5.17). 
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Fig.6.5.17: Count rate performance of 3 digital gamma cameras from Siemens, Philips and GE 
(from Silosky 2013). 


6.6: Corrections 


The gamma camera, as a system for measuring the energy and position of the scintillations, is 
subject to two types of errors, like any other equipment, which are random errors and 
systematic errors. 

Random errors arising from both the radioactive origin of the radiation and the mechanisms 
involved in its detection affect energy and position, manifesting themselves in energy 
resolution and spatial resolution. 

Systematic errors arise from the inability of the measurement system, i.e. from its lack of 
accuracy, and because they are systematic (repetitive), they can be corrected by calibration 
procedures. Calibration consists, in gamma cameras, of generating maps that modify the 
gamma camera signals. These maps are obtained from "faulty" images by comparing them 
with "ideal" images and from this comparison calibration factors and maps are obtained. These 
systematic errors affect energy, coordinate calculation (linearity) and sensitivity. 


6.6.1: Energy error 

An ideal gamma camera should be able to detect the same energy over the entire field of view, 
i.e. regardless of the position of the scintillations. The arrangement of the photomultipliers 
means that there are areas between them with a different response to that of the centre of 
the photocathodes (basically in the case of circular photocathodes because of the significant 
space between them). Furthermore, regardless of the shape of the photocathode, the 
photomultipliers respond differently between the centre and the periphery (Puchal 1988) 
(Fig.6.6.1). 
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Fig.6.6.1: Different spectrum according to the position of the scintillations (Lewellen 2007). 
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To correct for this dependence, the field of view of the gamma camera is subdivided into 
different zones covering different combinations of phototubes (Fig.6.6.2) so that the spectra of 
each zone are obtained in order to determine the photopeak in each zone. 


Energy spectrum by zones 


Fig.6.6.2: Decomposition into zones and obtaining the spectrum in them (Pavia 2014). 
In this way, the position of the photopeak in each spectrum is compared with the theoretical 
one and the appropriate correction factors are obtained (Fig.6.6.3) so that in all areas the 
spectrum is the same. These factors act on the gain of the photomultipliers (this correction 


could be made by incorporating a microprocessor in the gamma camera head, as happened 
with the Siemens Orbiter ZLC Digitrac or the Elscint Apex HR, for example). 
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Fig.6.6.3: Energy Calibration Map — Map of correction factors (from Pavia 2014) 


The implementation of this correction is done right at the output of the gamma camera signals 
(Fig.6.6.4). 
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Fig.6.6.4: Energy correction (Bushberg 2012) 


Fig.6.6.5 shows the effect of applying the energy correction. It can be seen how the areas 
corresponding to the central area of the photomultipliers stand out from the intermediate 
areas and that not all photomultipliers are misaligned. 
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Fig.6.6.5: Flood image before and after applying the energy correction (Lewellen 2007). 


6.6.2: Coordinates error 

It has been seen previously how the uncertainty or imprecision in the calculation of the 
coordinates converted a point into a distribution of values called PSF. The centre of this 
distribution corresponds to the coordinates of the point source that originated it. In addition 
to the precision, which is measured by the spatial resolution, the accuracy, i.e. the fidelity with 
which the positions of the radiation sources are reproduced, has to be considered. The 
discrepancy is measured by the difference between the measured value and the true value. 
The origin of this difference lies in Anger's approximation of the light distribution which causes 
distortions in the coordinates as described above (see Fig.6.3.7). These distortions are 
corrected with maps obtained by comparing the image of a distribution of light points (from a 
phantom) with the "exact" positions of the phantom. Figure 6.6.6 shows the phantom and the 
image obtained from it. 
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Fig.6.6.6 Linearity correction (Pavia 2014) 
The differences yield a corrections matrix which are implemented as shown in figure 6.6.7. 
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Fig.6.6.7: Schematic of linearity correction (Bushberg 2012). 


Figure 6.6.8 below shows the result of correcting for coordinate distortions. The greater and 
lesser accuracy in the calculation of the coordinates translates into the reproducibility of a 
given activity distribution. A linear source is always taken as a reference because it has the 
simplest geometry. This is the basis for the linearity test in the quality control of all protocols. 
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Fig.6.6.8: Flood images pre- and post-correction of linearity (Lewellen 2007) 
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The image before correction clearly shows a higher intensity in the photocathodes, which 
indicates that the equipment tends to "concentrate" pulses in these areas when they should 
be uniformly distributed. These "concentrations" and "dilutions" make it impossible to 
reproduce as a straight line a linear radioactive source (Fig.6.6.9, 6.6.10) obtained with a 
phantom. 


Fig.6.6.9: Schematic of the consequence of non-linearity (Pavia 2014) 


Fig.6.6.10: Linearity image before correction (from Cherry 2012) 


Once the linearity has been corrected by the correction matrix, correct results are obtained 
(Fig.6.6.11). 


Fig.6.6.11: Linearity image after correction (from Cherry 2012). 


114 


Linearity is a very important parameter as it not only "disfigures" the contours but also 
changes the number of counts in the patient's areas by "contraction" or "dilation". 

Linearity is characterised by two parameters that indicate non-linearity. One, absolute linearity 
is obtained by finding the maximum deviation between a line and its image. The second, 
differential linearity is obtained as the average of the deviations between the line and its 
image. 


6.6.3: Sensitivity error 

Sensitivity is the counting capacity, i.e. the ability to convert the radiation reaching the crystal 
into usable pulses. In other words, it is the ability to reproduce the photon flux. This quantity is 
subject to two types of errors. One, the random error or uncertainty is due to the variability of 
the number of photons emitted by the radioactive source and gives rise to image noise. Even if 
the detector is perfect, there will always be noise because it is of radioactive origin. The noise 
level, or rather, the relative importance of the noise with respect to the pulses (counts) varies 


inversely with the activity as LW where N is the number of detected counts. The second 


error, which is systematic, is the difference between the true value and the value obtained. In 
fact, the true value of the photon flux is not known, but it is known that if the gamma camera 
crystal is "illuminated" with a uniform radiation source, the response of the camera must also 
be uniform. The error occurs when there are differences between different areas of the field of 
view as in figure 6.6.12. These differences should not be greater than those due to noise. 


Fig.6.6.12: Sensitivity/uniformity image 


In this image you can see the two "errors". On the one hand, the random mottling due to 
noise, which we know decreases if the number of counts is increased. On the other hand, 
there is some "slight" systematic error by observing two slanted lines on the left which may 
correspond to a row of photomultiplier edges. The detection of systematic errors occurs when 
the variation in the number of counts generated by a defect is higher than the noise level. The 
way to minimise these "slight" non-uniformities is to obtain a correction matrix. Such a matrix 
has to be obtained with a large number of counts so that the correction factors derived from it 
are practically unaffected by noise in order to correct non-uniformities in sensitivity that are 
specific to the equipment and not due to noise. This correction matrix is obtained by 
determining the average number of counts per pixel and deriving the correction value to be 
added or subtracted. The correction matrix must be obtained for each energy used (Pugliese 
2008). This correction is the last step; it is like a certain "make-up" that is done when the real 
problems such as energy and linearity have been corrected. The sensitivity correction is 
performed on a computer that is not part of the gamma camera head but is part of the 
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equipment. The schematic of the complete correction is shown in Fig.6.6.13. This correction is 
often referred to as uniformity correction. 
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Fig.6.6.13: Overall scheme of corrections (modified from Bushberg 2012). 


Fig.6.6.14 shows the images before and after uniformity correction and the count profile in 
both images. It can be seen that the "oscillations" have been significantly reduced and only the 
noise oscillations appear. 
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Fig.6.6.14: Uniformity images and profiles (from Madsen 2006 and Cherry 2012) 
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Figure 6.6.15 below shows the results of sequentially applying the necessary corrections to 
obtain a diagnostically useful image. 


Energy 
Energy Linearity 
No corrections Energy Linearity Sensitivity 


Energy map Linearity map Sensitivity map 


Fig.6.6.15: Summary of corrections (Pavia 2014) 


6.6.5: Time resolution correction 

As described above, as the photon flux on the scintillation crystal increases, the overlap of 
pulses increases, which decreases the number of counts that are recorded. There are different 
ways of correction, for example, by trimming the pulse duration, i.e. forcing the pulses to be 
cancelled before they have been fully processed. In current equipment, a widespread method 
is to extrapolate the pulses in order to subtract the tail of the first pulse from the initial phase 
of a second pulse, as shown in figure 6.6.16. 
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Fig.6.6.16: Extrapolation and subtraction of pulses to correct pile-up (Cherry 2012). 


Today, this correction is already carried out at the level of the photomultipliers, making it 
possible to achieve very high counting rates. 
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6.7: Performance Aspects 


6.7.1: Quantification of the field-of-view uniformity 

Multiple factors are involved in the uniformity of the gamma camera's field of view. Its 
quantification makes it possible to detect changes that might be difficult to observe visually. In 
addition, quantification allows the establishment of values that guarantee the proper 
functioning of the equipment. 

The essential parameter is the so-called integral uniformity which is defined as 


max — min 
Urn = 100 - ———_——— 
max +min 


where max and min respectively are the maximum and minimum values of the number of 
counts which can be in the whole field of view of the gamma camera (UFOV) or in the central 
centre (CFOV). This definition is the one used by international equipment quality control 
standards (NEMA, IEC/IEC) and has been universally adopted. 

This parameter is only an approximation as it uses only two values to "report" a set of 
thousands of values but has the great advantage of simplicity of calculation. 

There are numerous references in the literature for calculating a uniformity index on a much 
more Statistical basis. 

Note that, in fact, it indicates non-uniformity. 0% would be the ideal case of a uniform image. 

It is accepted that the integral uniformity should be less than or equal to 10% for non- 
tomographic studies and less than 2% for tomographic studies. Higher values generate 
artefacts that invalidate the studies. 


6.7.2: Artefacts due to the detector 


The gamma camera may be defective for a variety of reasons, some of which are listed below. 
The most frequent cause is the malfunction of a photomultiplier (Fig.6.7.1). 


Fig.6.7.1: Photomultiplier failures (Prima 2014) 


The first image shows the collapse of a photomultiplier and how it affects an area much larger 
than the diameter of a photocathode. The second shows how a photomultiplier has lost gain 
without being cancelled, but nevertheless affecting its surroundings. The clinical impact of 
these malfunctions is exemplified in Fig.6.7.2, which shows the lack of spine counts due to the 
defective photomultiplier. 
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Fig.6.7.2: Impact of a defective photomultiplier (Busemann-Sokole 2001) 


Non-uniformity in a full-body scan caused by faulty phototubes can induce distortions such as 
those in Figure 6.7.3 where the surrounding tubes slightly compensate for the lack of tube 
activity due to the movement of the scan. It is clear that something is wrong with the 
equipment. 

It is important to note that a malfunctioning PMT does NOT always result in a visible artefact 
on diagnostic images as many nuclear medicine specialists believe. In order to detect 
impairment, an image must be obtained that is known in advance what it should show, which 
is not the case for patients. The quality control protocols for planar scintigraphy set a 
maximum of 10% of integral non-uniformity (IAEA 1991, Torellé 1999). 
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Fig.6.7.3: Asymmetry caused by a faulty photomultiplier in a full body scan (from Boudreau 
1987). 


Much more serious are moisture stains on the glass as explained in the discussion on 
scintillation glass. 
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Fig.6.7.4: Stains due to humidity zones (from Busemann-Sokole2001) 


Another cause of artefacts, fortunately rare, is the breakage of the scintillation crystal, which 
can occur mainly due to two causes: one can be a localised pressure, e.g. a blow (Fig.6.7.5). 


Fig.6.7.5: Image of a mechanically damaged glass pane (Zanzonico 2008) 


(In one hospital, when changing a collimator that was screwed to the head, "someone" forgot 
a screw on the collimator, so that when the head was lowered, the screw pierced the crystal). 
Another may be thermal shock as Nal(TI) crystals cannot change temperature rapidly and 
must be kept at as constant a temperature as possible (Fig.6.7.6). 


Fig.6.7.6 Thermally broken glass (Zanzonico 2008) 


(In one hospital, they opened a window to "air out" the room as they had been working all 
day. It was the middle of winter. They forgot to close the window. It was the weekend. On 
Monday they found that the glass had shattered as happens with car windows when they 
break). 

Slow temperature changes, when not abrupt, also affect the performance of the gamma 
cameras. The luminosity (number of photons produced) by Nal(Tl) depends on the 
temperature by 0.08% /2C. This manifests itself as a change in the amplitude of the signal 
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generated for a fixed energy of the incident photons. This results in the pulses of interest not 
corresponding exactly to the preset acceptance window as the photopeak can shift with 
temperature (Fig.6.7.7.7) and thus the uniformity of response is lost. 


Photopeak 


Temperature 
Fig.6.7.7: Variation of photopic with temperature (Sanders) 


Neither stains nor breakages can be compensated by correction maps and therefore require 
replacement of the glass. 

A difficult artefact to detect, unless a test is made for it, is the constancy of the energy 
calculation with the orientation of the head. Both orientations with respect to the earth's 
magnetic field and faulty ventilation that alters the temperature depending on its position can 
cause significant changes in the number of counts, as can be seen in Fig.6.7.8. This means that 
in a tomographic acquisition, not all images are acquired under the same conditions, and some 
artefacts may be generated. 
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Fig.6.7.8: Variation of the number of counts with angle at a rotation of 360° normalised to the 
value of 315° (Swailem 1991). 


The estimation of response uniformity is an essential part of gamma camera quality control. Its 
basic utility is the early detection of abnormalities, so it is essential to determine it on a daily 
basis before scanning patients (Ejeh 2012). 

The structure by means of photomultipliers grouped together in contact with the scintillation 
crystal produces, due to its own construction, distortions in the PSF and, strictly speaking, it 
cannot be said that a gamma camera is characterised by a PSF. Gamma cameras do not have 
the same PSF at all points in their field of view (they are said not to be isoplanar). In particular, 
the spatial resolution varies according to the position relative to the photomultipliers (Puchal 
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1988, Papanastassiou 2006). Figure 6.7.9 also shows how the resolution values increase when 
moving away from the centre of the field of view (UFOV). 
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Fig.6.7.9: Variations in spatial resolution with distance from the centre of the field of view 
(Papanastassiou 2006). 


In addition to these "global" variations with distance from the centre, the values are also 
significantly different if they are at the centre of the PMTs or at their periphery (Fig.6.7.10). 
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Fig.6.7.10: Differences in FWHM as a function of position relative to PMTs (Papanastassiou 
2006). 
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An example of non-isoplanar behaviour, i.e. the variation of the properties of a detector with 
the position in the field of view is shown in Fig.6.7.11. It presents the images of the number of 
counts (Vol), maximum value (MAX), FWHM and effective width (area equivalent to a 
rectangular PSF) in an analogue gamma camera (Technicare) that was obtained from a set of 
identical point sources through a collimator. 


Fig.6.7.11: Variation of detection properties with position (Puchal 1988) 
This behaviour must be taken into account in the quantification, in particular in the 
tomographic reconstruction. It follows from these data that characterising the entire UFOV 


using a single PSF is only a good approximation. This intrinsic behaviour has an impact on the 
extrinsic performance of the gamma camera, i.e. when a collimator is attached. 
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7: Gamma camera collimators 
7.1: Description and operation 
The collimator is the part of the gamma camera that allows photons to pass from the patient 


to the detector only in certain directions to obtain an image as a projection of the tracer 
distribution (Fig.7.1.1). 
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Fig.7.1.1: Diagram of a collimator (Pavia 2014) 


The radiation emitted by the patient's body is emitted in all directions (4m). To obtain a 
projection, i.e. a representation of the photons whose position on the scintillation crystal is 
directly related to the direction in which they have been emitted, it is essential to interpose a 
device, called a collimator, which only allows photons to pass in a certain direction. 

Collimators are basically of two types. One, with a single hole, called "pin-hole", and the other, 
with multiple holes in different arrangements: parallel, convergent, and divergent (Fig.7.1.2). 
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Fig.7.1.2: Schematic of common collimators (Pavia 2014) 
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The figure 7.1.2 shows how the direction of the holes changes the size and direction of the 
distribution of photons passing through them. The parallel collimator does not change the 
dimension as its holes are perpendicular to the scintillation crystal. The convergent collimator 
magnifies the image and is therefore designed to obtain images of small organs. The diverging 
collimator, on the other hand, is designed to obtain images of large organs, such as the lungs, 
with a camera with a small-sized field of view. These collimators were widely used before the 
appearance of gamma cameras with large crystals. The pinhole magnifies and inverts the 
image. It has been used extensively for imaging thyroid or very small bones, for example in a 
hand. 

Converging or diverging collimators are focussed to a point, converging towards their focal 
point. There is another type of collimator, called fan-beam (FB), which is convergent in one 
direction and parallel in the other, i.e. convergent to a line (Fig.7.1.3). This collimator magnifies 
the image in one direction (X) and maintains the measurement in (Y). 


Fig.7.1.3: Schematic of a fan collimator (Nuclear Fields 2017). 
Images obtained with a fan-beam, being distorted in one direction (Fig.7.1.4), must be 


"reconverted" to as if they had been acquired with a high-resolution (HR) parallel collimator by 
means of a geometrical transformation (G.T.). 
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Fig.7.1.4: Brain image obtained with a parallel collimator (HR), with a fan-beam (FB) and the 
final image after geometric transformation (G.T.). 


An amplification effect and field limitation is observed. Fan-beam collimators have a 
somewhat better resolution than a HR at equal distance and also a higher efficiency, which 
allows obtaining better quality images - in brain - than a parallel collimator. This deformation is 
geometrically corrected automatically. This collimator is only used for tomographic brain 
scans. As it is a convergent collimator it is very important to position the patient correctly so as 
not to cut the image. 


127 


7.1.1: Principle of operation 

The basis of the operating mechanism is the absorption of photons in the walls (septa) of the 
holes. There are two ways of making holes out of radiation-absorbing material. One, which 
was used to reduce costs, consisted of bending and gluing lead foil so that it was not very 
evenly distributed. The other way is by casting and subsequent turning, which provides much 
greater uniformity (Fig.7.1.5). It is very important that the collimator does not introduce 
irregularities since, in planar images they can appreciably distort the distribution of counts and 
in SPECT generate important artefacts as a consequence of the distortions of planar images. 
Nowadays, foil collimators are no longer used as SPECT has become a very common routine 
technique. 
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Fig.7.1.5: 2 types of collimator construction (Nuclear Fields 2017). 


Figure 7.1.6 below clearly shows the distribution of holes in a fan-beam collimator and their 
orientation, parallel in one direction and converging in the other. 


Fig.7.1.6: Fan-beam collimator (Nuclear Fields 2017) 


Pin-hole" collimators ("sténopé" in French) normally have different interchangeable holes of 
different diameters (Fig.7.1.7). 


Fig.7.1.7: Pinhole collimator 
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The material from which the collimators are made is lead, or a lead alloy which gives it greater 
mechanical rigidity. For the deflected photons to be completely absorbed by the walls of the 
holes, it is essential that, on the one hand, the photoelectric effect intervenes and, on the 
other hand, that the thickness of these walls is appropriate to the energy of the photons. 
Figure 7.1.8 shows how Lead (Pb) in the energy range typical of nuclear medicine is very likely 
to cause a photoelectric effect. 
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Fig.7.1.8: Energy distribution of interaction effects for photons (derived from Cherry 2012). 


Other feasible materials to be used are shown in the following table (7.1.1). 


Density 
Material (Z) (g/cm?) Attenuation Length (cmyPhotoelectric Fraction (%) 


Gold (79) 19.30 0.002 94.9 0.02 90.5 0.04 87.1 0.09 77.9 0.20 62.6 
Uranium (92) 18.90 0.001 95.9 0.02 92.5 0.03 90.0 0.06 83.4 0.16 772 


Table 7.1.1: Mean path and photoelectric effect probability values for different materials. Only 
lead is used in clinical nuclear medicine (Hutton 2010). 


The attenuation length is the length at which a photon has a 63% probability of being absorbed 
or deflected from its path, and the photoelectric fraction is the percentage of photoelectric 
interactions. The table shows, in agreement with the graph that as the energy increases, the 
photoelectric fraction decreases and the attenuation length increases. 
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Fig.7.1.9: Schematic diagram of collimator parameters 


It follows that the thickness of the septa (T) (Fig.7.1.9) must be a function of the energy they 
have to absorb. This results in different collimators for different energy ranges. 


7.2: Types of collimators 


Currently, the most commonly used collimators in clinical practice are parallel-hole, pin-hole 
and fan-beam collimators. Limiting the explanation to parallel-hole collimators, these are 
classified according to three characteristics depending on the use (examinations) in which they 
are to be used: radiation energy, spatial resolution and sensitivity. 

Depending on the energy, they are classified as low, medium and high for use with the 
radioisotopes indicated. 


Low (LE): °"Tc, 7°"Tl.,... 
Medium (ME): **” In, °’Ga,... 
High (HE): *? 1... 


The energy determines the thickness of the hole walls (septa) as this is where the photons 
have to be absorbed (Table 7.2.1). Note that the thickness for °°" c is 10 times less than the 
minimum thickness needed for **" 1. 


Energy Rating of the Septal Thickness Septal Penetration 
Collimator 
140 keV 0.25mm <1% 
200 keV 0.5mm 1% 
364 keV 2.2mm >5% 


Table 7.2.1: Septa thicknesses and penetration as a function of energy (VCU 2021) 


Furthermore, the diameter of the holes and their length determine their geometric spatial 
resolution. According to this criterion, they are classified as 


High or ultra high resolution (HR or UHR) 
General purpose (GP "General purpose" or AP "All purpose") 
High Sensitivity (HS) 
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Fig.7.2.1 Examples of 3 types of parallel hole collimators. 
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Energy and resolution in collimators are two conflicting characteristics that determine the 
number of holes a collimator can have. A collimator has to cover the entire scintillation crystal, 
so septa and holes have to share the useful surface. This makes a trade-off between resolution 
and energy. 

The number of holes depends on the field of view of the camera as well as the resolution and 
energy. For a rectangular field of 55x45 cm this value is: 


HE:~ 8000 
ME:~ 15000 
LEGP:~ 80000 
LEHR:~ 140000 


The shape of the holes is usually hexagonal and at high energy circular (Fig.7.2.2). 


Fig.7.2.2 High energy (HE) and low energy (LE) high resolution collimator (Ullman) 


The importance of matching the collimator both to the energy and to what you want to "see" 
is shown in figure 7.2.3. This shows the images of a thyroid phantom using "Tc (top) and **'I 
(bottom). With pinhole, very similar images are obtained, although the one with *"Tc is 
sharper. The notable difference is between that of **"I and that of "Tc with LE collimator. In 
the second case it is clear that the thickness of the septa is not sufficient, all resolution has 
been lost. With the HE collimator, the two images are similar and the regular distribution of 
the holes is clearly visible given the low resolution of the collimator. 
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Fig.7.2.3: Effect of collimator type with energy (Ullman) 
It is also observed that the high energy (HE) collimator produces "corrupted" images because 
of its "coarse" structure due to the separation of the holes by the septa. This regular structure 


can be corrected by deconvolution using a filter that reproduces the hexagonal structure of 
the holes as shown in figure 7.2.4. 
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Fig.7.2.4: Correction of the artefact created by an HR collimator (Pérez-Garcia 2016). 


7.3: Operating parameters 


7.3.1: Spatial resolution 

In addition to the thickness of the septa, collimators have two other parameters, the length (L) 
and the diameter of the holes (D), which determine their spatial resolution and their efficiency 
or sensitivity. The geometrical resolution (R, ) of a parallel-hole collimator is given by the 
expression 


D2 
R. = Te (L + Zz) 


where z is the distance between a point source and the entrance surface of the collimator. This 
dependence on the distance to the patient is the biggest "handicap" of the collimators. The 
consequence is that the superficial and the deep part of, for example, a thorax are reproduced 
with different resolution. 

The following table (7.3.1) shows the types of collimators and their usual characteristics of a 
current gamma camera. 
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System 
Length Hole Septa Sensitivity Resolu- 


Late! (mm) (mm) (mm)  (Cpm/Ci) tion 
at 10 cm 
LEHR 46 2.032 0.152 235 8.0 mm 
LEUHR 47 1.778 0.127 176 7.1mm 
LEHS 47 2.870 0.203 460 10.7 mm 
MEGP-250 55 3.0 0.6 200 10.3 mm 
MEGP-300 55 3.0 1.0 143 10.6 mm 
HEGP-360 65 4.0 1.6 62 12.9 mm 
Pin Hole 
S 5 - = < 
HEPH av Sud 
LEGP 43 2.5 0.25 - 10.2 mm 
MEGP 42 3.0 12 - 12.7 mm 
HEGP 48 3.4 1.65 - 13.8 mm 


Table 7.3.1: Summary of collimator characteristics (Zeinaly 2012) 


The graphical representation of how the spatial resolution (FWHM) varies with distance from 
its mathematical expression is presented in figure 7.3.1, which, as can be seen, are, in the first 
approximation, straight lines. 


Collimator resolution FWHM (cm) 
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Fig.7.3.1: Variation with distance of the spatial resolution for three collimator types (Cherry 
2012) 


It can also be seen that at distance 0, i.e. in contact with the collimator, the difference 
between the resolutions is a maximum of 3 mm, i.e. the three collimators are practically 
equivalent®® , but that the differences increase significantly as the distance increases. 

Figure 7.3.2 shows how the resolution varies with the diameter of the holes (D) or, 
equivalently, with the separation between the septa, and with the length (L) of the holes. A 


*° The impact of these differences, as will be seen in the digitisation, will depend on the pixel size of the 
matrix used. 
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suitable combination of D and L can give the same resolution for two collimators, one with a 
small diameter and the other with a larger diameter and a longer length. 
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Fig.7.3.2: Effect of the diameter and length of the orifices 
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One of the major limitations of gamma cameras is the dependence of resolution on distance. 
Figure 7.3.3 shows how the Point Spread Function (PSF) widens with distance, a behaviour that 
is parameterised by the full width at half height (FWHM). 


Lowe source 


~y 
Fig.7.3.3: Effect of distance on PSF FWHM (Bushberg 2012) 


It also follows from the mathematical expression of R- that the resolution improves (decreases 
in value) with increasing hole length (collimator thickness: L) and increases (worsens) with 
increasing hole diameter (D). 

A good example of the loss of resolution with distance is shown in figure 7.3.4, which shows 
how the image of a brain-slice phantom varies with distance. 
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Fig.7.3.4: Loss of resolution with distance (Madsen 2006) 


The variation of resolution with distance due to the collimator has very important 
consequences as mentioned above. Indeed, the activity in the patient's body occupies a 
volume (3D distribution) so that the images obtained by a gamma camera are the 
superposition of the activities emitted at different depths (distances) and each of them will 
contribute to the image with the corresponding PSF as illustrated in figure 7.3.5. It shows PSFs 
at different "depths" and schematises the arrangement of sources in the same vertical with 
the consequent superposition of PSFs. 
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Fig.7.3.5: PSFs at different depths and PSF overlapping 


The same happens with the points located on the verticals "next to", so that everything is 
blurred. However, at greater depth, due to the attenuation of the radiation by the patient's 
own tissues, the number of counts is lower than if it were on the surface. 

The effect of the depth of the organs is very clear in whole body bone scans (Fig.7.3.6) where, 
for example, the vertebrae are perfectly recorded in the postero-anterior projection and the 
ribs in the anterior-posterior projection. On the other hand, in the anterior-posterior 
projection, the vertebrae, being far from the detector, are blurred, as corresponds to the loss 
of resolution of the collimator used. 
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System resolution, FWHM (cm) 
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Source-to-collimator distance (cm) 


Fig.7.3.6: Variation of resolution with organ depth (Lewellen 2007). 
A very common example is a bone scan of the hands. One was obtained by placing them 


directly in contact with the collimator and the other with the hands about 5 cm apart. The loss 
of resolution in the phalanges of the fingers is clearly visible (Fig.7.3.7). 


Fig.7.3.7: Bone scan at 0 cm and about 5 cm away from the collimator. 


7.3.2: Sensitivity (or Efficiency) 

The efficiency or sensitivity of a gamma camera, as seen above, is the ratio of the number of 
photons detected to the number of photons emitted. The number of photons detected 
depends on the source-detector geometry (i.e. their relative position), on the attenuation that 
may exist between patient and collimator (if it is air, it is considered that there is no 
attenuation), on the efficiency of the collimator and on the detection efficiency that depends 
on the glass (composition and thickness) and on the pulse acceptance window. 


E= Ecolimator” Enetector’ EWindow 


The collimator efficiency is given by the expression 


2 2 
Be = (7) arsd 
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where K is a factor that depends on the shape of the holes (for a hexagonal distribution of 
hexagonal holes it is 0.26), D is the diameter of the holes, L their length and T the thickness of 
the septa. From this expression it can be seen that, in a first approximation, the efficiency does 
not depend on the distance as the loss of intensity is "compensated" by the distance (law of 
1/2’) with the increase of the number of holes that increases with the distance if the area 
occupied by the septa is negligible compared to the total area of the collimator (i.e. with z’ as 
it is a portion of a sphere of radius z, b in figure 7.3.8. 
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Fig.7.3.8: Exposed area of glass according to distance from source (Cherry 2012) 


It is observed that the efficiency increases with the diameter of the holes (D), decreases with 
the thickness of the collimator (L) and with the thickness of the septa (T), which is logical since 
the septa occupy a space that deprives the passage of photons. 

The combination of the two properties described above: increase of FWHM with distance and 
constancy of efficiency with distance are summarised in figure 7.3.9, which means that the 
counts do not vary with distance but are "spread out" because of it (the area of each PSF is the 
same for all of them). 


Fig.7.3.9: Increasing PSF width with source-collimator distance (Cherry 2012) 
This effect is observed experimentally in figure 7.3.10 where we observe the central profile of 


four point sources at different distances. We see that as the distance increases (towards the 
right), the images (PSFs) become diffuse and the profiles become wider. 
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Fig.7.3.10: Images of point sources (PSFs) at different distances (Pavia 2014). 


Figure 7.3.11 shows two images obtained on the same object with two pieces of equipment of 
different spatial resolution. 
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Fig.7.3.11: Example of high and low resolution (from Lees ) 


As can be seen without difficulty, the image from high-resolution equipment is able to 
correctly "separate" the images of the holes closest to each other and of smaller diameter, 
while the low-resolution equipment can only "guess" that there are two nearby large-diameter 
sources. Note also that the contours in high resolution are irregular while in low resolution 
they are very smooth, and that the two smaller diameter holes are indistinguishable, forming a 
single elongated blob. 

The relationship between septum thickness ("energy") and hole size ("efficiency"), the 
resolution worsens with increasing energy and increasing efficiency as shown in table 7.3.2. 
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Resolution Reon 


Recommended Max. (FWHM at 
Collimator Type Energy (keV) Efficiency, zg 10 cm) 
Low-energy, high-resolution 150 1.84 x 10* 7.4mm 
Low-energy, general-purpose 150 2.68 x 10* 9.1 mm 
Low-energy, high-sensitivity 150 5.74 x 10* 13.2 mm 
Medium-energy, high-sensitivity 400 1.72 x 10* 13.4 mm 


Table 7.3.2: Summary of essential performance of 4 types of collimators (Cherry 2012) 


The values are highly dependent on the manufacturers. For example, in summary table 7.3.3 it 
can be seen that the resolution does not always coincide with those in table 7.3.2. In fact, 
these variations are of little clinical significance. The trade-off with efficiency has to be taken 
into account and, as we will see in the section on digitisation, it is difficult to influence the final 
images. 

It is interesting to compare the performance of the same type of collimator in different 
devices. It can be seen that some give priority to sensitivity (efficiency) while all have the same 
spatial resolution at 10 cm. 


System Discovery NW/CT Precedence 6 Symbia Intevo 6 Symbia T16 
670 Pro 

Detector crystal 3/8" Nal 3/8" Nal 3/8" Nal 3/8" Nal 

PMT* 59 55 59 59 

FOV* 40 x 54cm 381 x508cm 387 x533cm 387 x 533cr 

Hole shape Hexagonal Hexagonal Hexagonal Hexagonal 

Number of holes (x 1000) Not specified 864 148 148 

Collimator hole diameter 150mm 149mm 1.11 mm 1.11mm 

Hole length 35mm 328 mm 2405 mm 24.05 mm 

Septal thickness 02mm 0.152mm 0.16 mm 0.16mm 

Sensitivity for °°"Tc @ 10cm 72 cps/MBq 66 cps/MBg 91 cps/MBq 91 cps/MBq 

Septal penetration @ 140 keV 03% 13% 15% 15% 

Planar resolution* 74mm 74mm 75mm 75mm 


Table 7.3.3: LEHR collimator comparison of different equipment (Peters 2019) 


The following graph (Fig.7.3.12) summarises the behaviour, in resolution and efficiency, of the 
different types of collimators as a function of distance. 
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Fig.7.3.12: Comparison of collimator efficiency and resolution (Pavia 1992) 


Remark: It is important when selecting a collimator for a given radiopharmaceutical to be 
aware of the energy of the different emissions that it may have, not only the most abundant 
but especially if there are photons higher than the nominal of the collimator. In addition, the 
limits, for example, the low energy ones work correctly up to 140 keV. The use of one of these 
collimators with *77] with 159 keV photons is not correct because *”*| also emits 507 keV 
photons that undergo Compton effect in the collimator and are detected in the 159 keV 
window. A medium or high energy collimator should be used as shown in Fig.7.3.13. 


LEHR collimator ME collimator 
— 159 kev 


Fig.7.3.13: Star artefact and correct image according to collimator used (Doveléis 1999 + 
Wernick 2004). 


The same artefact occurs when using LE and ME collimators with *l with 364 keV photons. 
The star shape is related to the arrangement of the collimator holes. 


7.4: Image formation 


The resolution of the overall (or system) gamma camera (Rs ) is the composition of the intrinsic 
resolution of the detector (Rp ) with that of the collimator (Rc ) for a given distance. 


Rs = [R3 + Re 
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The PSF of the equipment is given by the convolution of the PSF of the geometrical source 
collimator with the intrinsic PSF of the detector (Fig.7.4.1). The resolutions in all cases are 
measured as the width at half-height of the PSFs when considering them for practical purposes 
as Gaussian bell curve. 


Convolution 
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Geometrical effect Intrinsicspatial Extrinsic or system 
of the collimator resolution spatial resolution 


Fig.7.4.1: Schematic of the composition of the PSFs that define the PSF of the equipment 
(Pavia 2014). 


Figure 7.4.2 shows the effect of interposing a collimator. It can be seen that the resolution 
("sharpness") of the intrinsic image is much better than in the extrinsic image. This is not 
surprising. The intrinsic is obtained with a point source away from the camera and with a bar 
phantom resting directly on the scintillation crystal. Extrinsic is obtained by resting the bar 
phantom on the collimator and using a large source from °’Co. The intrinsic resolution is not 
modified by the resolution of the collimator. In addition, a certain inclination of the bars is 
observed in the right quadrants, an asymmetry introduced by the collimator (the defects of the 
collimator are transmitted to the distribution of the radiation in the scintillation crystal). 
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Fig.7.4.2: Effect of interposing a collimator on resolution (Halana) 


The way a collimator deforms the image of a point, assuming no septal penetration and no 
diffusion, is obtained geometrically. There are different formulations (Miracle (1979), Metz 
(1980), Formiconi (1998), etc.) of great mathematical complexity. The geometric PSF profile in 
all of them is approximately Gaussian and it is assumed that this approximation is more than 
sufficient to represent the performance of a collimator. Gurko (2021) obtains by numerical 
simulation (Monte Carlo method) how radiation is transmitted through the holes of a 
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collimator at a distance of 20 cm. The activity peaks (corresponding to the holes) decrease as 
they move away from the centre following a Gaussian curve (Fig.7.4.3). 
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Fig.7.4.3: Image of an FSP and its count profile (Gurko 2021) 


From the count profile in figure 7.4.3 it can be seen that the "envelope" curve can be fully 
considered as a Gaussian curve. This profile, once digitised using a matrix with a pixel size of 1 
mm would generate a count profile (Fig.7.4.4) where each pixel has the "average" value’” of 
the counts within the 1 pixel interval. Each value is assigned a point. For visualisation, it is 
customary to interpolate straight lines between them as the graph in figure 7.4.4 is intended 
to show. 
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Fig.7.4.4: Digitisation of a PSF profile and the generated curve (from Gurko 2021). 


In practice, it is difficult to experimentally obtain sufficiently active point sources to obtain 
PSFs (Puchal 1988). Therefore, activity lines are used to obtain the LSF ("Line Spread 
function"). An activity line can be thought of as a succession of point sources in one direction. 
The profile of an LSF is the same as that of a PSF in one direction (assuming that the PSFs are 
constant). It also allows an estimate of the quality of the LSF to be obtained by considering it as 
repeated measurements of the same point source (provided that there is homogeneity in the 
detection, i.e. homogeneous collimator and crystal. A practical issue is that the line must be 
perfectly aligned with the axes (X or Y) of the field of view. If they are not, the centre of the 
count profile shifts slightly from pixel to pixel resulting in an average LSF wider than the 
individual ones (Fig.7.4.5). 


°7 As will be seen in section 14 when discussing digitisation. In fact, it is obtained from the integral of the 
profile (in blue) between the limits of each pixel. 
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Fig.7.4.5: Image of a line and count profile (LSF) (Cecchin 2015) 


Figure 7.4.6 shows the result of fitting a Gaussian to an LSF composed of several "horizontal" 
lines. This calculation is repeated to detect changes affecting both resolution and linearity. 
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Fig.7.4.6: LSF fitting to a Gaussian curve (PNCCIMN 2015) 


If there is Compton scattering due to both the patient and the collimator, the PSF, or its linear 
equivalent (LSF), incorporates the scattering of the photons located at the base (Fig.7.4.7) 


which is modelled by the sum of 2 exponentials. This is because photons from Compton 
scattering can pass through the collimator (see chapter 13 and annex A2). 
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Fig.7.4.7: PSF with scattered photons (derived from Beekman 1993) 


143 


If it were strictly Gaussian, it would be sufficient to parameterise it with the FWHM without 
the need to use a second parameter such as the FWTM, which is the total width at 1/10 of the 
height. 

Figure 7.4.8 shows the experimental LSF images obtained without scattering medium (air), 
water, and water with activity, to more accurately simulate scattering in a patient. The images 
correspond to different distances and the corresponding FWHM is indicated. The FWHM 
increases with distance and with the scattering medium. 
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Fig.7.4.8: LSF images with scattering and different collimator distances (Cecchin 2015). 
7.5: Performance Aspects 


Collimators can have construction or accidental defects that have a strong influence on the 
image. Construction defects manifest themselves as deformations of the image of a dot. This 
causes alterations in the images as a dot is not reproduced by a circular spot but by other 
shapes as shown in figure 7.5.1. Here we can see that the collimators of head 2 do not show 
appreciable deformations while those of head 1, for both types of collimator (LEAP, LEHR) have 
noticeable deformations. These deformations in collimators with parallel holes show different 
"malformations" such as not being perpendicular to the surface, not having a regular shape 
(hexagonal, circular), the septa not having exactly the same thickness ... These images were 
obtained as quality controls of the collimators. 


Fig.7.5.1: Deformations of the image of a point by different collimators (Busemann-Sokole 
2001) 
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In some cases the deformations are significant as shown in figure 7.5.2 where a "correct" PSF 
and a PSF deformed by a certain collimator are presented. 
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Fig.7.5.2: Correct PSF and PSF deformed by a collimator (Busemann-Skole 2001). 


The collimator holes are usually hexagonal. Depending on the quality of the collimator, as in 
the case of glued lamellae, there have been cases of 8-point images due to the disjointing of 


some parts of the lamellae (Fig.7.5.3) or 4-point images if the thickness of the joints is greater 
than the rest. 


Fig.7.5.3: Defective collimator images (Yeh 1983) 


The star shape may be due to the fact that the thickness of the septa is not uniform, with 
photons "sneaking in" where there is less attenuation (Fig.7.5.4). 


Fig.7.5.4: Enlarged X-ray of a defective orifice (from Yeh 1983). 
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If the septa are not thick enough for the photon energy, the photons are only completely 
attenuated in the direction of the "junction" between two holes (Fig.7.5.5). 


Fig.7.5.5: Diagram of "star" formation due to inadequate septum thickness. 


The construction and design defects of the collimators affect the symmetry of the PSF, which 
has repercussions on its FWHM, since if they are "star-shaped", in the direction of greater 
length a higher FWHM will be calculated than that of its perpendicular. Figure 7.5.6 shows the 
values obtained with a collimator of these characteristics, which means that the PSF cannot be 
considered circular but elliptical in shape. 
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Fig.7.5.6: Asymmetry of the PSF of a defective collimator (Gillen 1988) 


One of the construction defects that can be important mainly in tomographic scans is the angle 
of the holes, i.e. that some of the holes are not perpendicular to the crystal. Another defect is 
that they do not have exactly the same diameter between their two ends. Numerical 
simulation studies (Gantet 1997) have obtained estimates of the non-uniformity due to these 
defects in both planar and tomographic modes as a function of the number of defective holes 
(Fig.7.5.7). It can be seen that non-uniformity is admissible in planar mode but that in 
tomographic mode, due to the amplification by the reconstruction, defects are generated that 
compromise the interpretation of the results. SPECT requires the highest quality of collimators, 
which makes it essential to check the quality of the collimators before accepting a device. 
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Fig.7.5.7: Non-uniformity due to angulation and hole diameter difference in parallel hole 
collimators (Gantet 1997). 


Ramp filter 


Hamming filter (fe= 0,5) 


Accidental deformations or compressions, as shown in figure 7.5.8, even small ones, can 
render the collimator unusable for very uniformity-sensitive applications such as SPECT. It 
shows a small hole in the aluminium collimator shield that caused a partial crushing of some 
holes of a LEHR collimator (A). Image (B) is the uniformity image showing a low count artefact 
with respect to the rest of the collimator, which coincides exactly with the crushing. Part C is 
the uniformity image from which the count profile at the artefact position was obtained. You 
can see how the loss of counts stands out from the level of the rest of the image. The small 
hole of about 5 mm in diameter caused a 27% loss compared to the average. This decrease is 
much more intense than the oscillations in the number of counts of random origin. 
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Fig.7.5.8: A: Damaged collimator. B and C uniformity images D: count profile. 
7.6: Security aspects and contour detection systems 


The collimator is the element of the gamma camera equipment that can come into contact 
with the patient. In some examinations such as, for example, a partial bone scan of some 
extremities (hands, feet), it is essential to bring them as close as possible, resting them on the 
collimator. In general, the collimator should not come into contact with the patient when the 
equipment is moving, as this can cause serious injuries. 

The first gamma cameras on the market did not have any kind of "anti-shock" system because 
the collimators were not connected to the head, only screwed or mechanically coupled 
(Fig.7.6.1). All of them, and nowadays too, had an emergency stop button. 


a 


d 


Fig.7.6.1: Siemens Orbiter Camera 


The Sopha Company introduced an anti-shock system in their cameras consisting of an air- 
filled pad that was screwed to the collimators and connected to a pressure sensor on the arm 
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holding the head. In this way, a pressure produced by contact with the patient activated a 
pressure sensor that immediately stopped the movement (Fig.7.6.2). 


Fig.7.6.2: Shield of a Sopha DS7 chamber 


The next step was the electrical connection so that a pressure on a plate covering the entrance 
surface of the collimator interrupted the movement. This safety shield is still used today in all 
gamma cameras (Fig.7.6.3). 
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Fig.7.6.3: Pressure-sensitive plate of a GE MPR chamber 


Currently, all gamma cameras have a patient contour detector system whose main function is 
to keep the collimator as close as possible to the patient, both in whole body scans and in 
tomographic acquisition. There are 2 commercially available methods. One, which is the most 
common (GE, Siemens, Mediso) consists of devices that protrude slightly from the external 
surface of the collimator (which is the safety plate explained above) placed laterally (Fig.7.6.4). 
These devices consist of two sets of infrared emitting diodes on one side and two sets of 
infrared sensors on the opposite side. In this way the approach and contour tracking is 
achieved by holding the detector head in such a way that the patient "cuts" the beams of the 
outer row but does not cut the inner row. If the latter is cut, the head separates immediately 
until this does not happen. This system has the disadvantage of passing the collimator very 
close to the patient, which is important for spatial resolution but may cause some patients a 
feeling of distress. In fact, it follows the external edge of the clothes of the patient. 
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Fig.7.6.4: Body contour system in Mediso, Siemens and GE chambers. 


The other method, marketed by Philips, is based on measuring the variations that the patient's 
body induces in an electric field created by the collimator. These variations depend on the size 
and distance to the collimator (Fig.7.6.5). This system allows adjustment of the minimum 
distance before starting the acquisition. This system requires a very accurate calibration. In 
order to perform quality control of tomographic uniformity with auto-contour, the plastic 
phantom must be covered with aluminium foil, otherwise it does not detect it. 


Fig.7.6.5: Body Guard method of Philips Brightview devices (D'Ambrosio 2008). 
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8: Conventional gamma camera types 
8.1: Gamma cameras with 2 detector heads 


In order to reduce scanning times, gamma cameras with two heads have become commercially 
available so that two images can be acquired simultaneously. This has two advantages: it 
reduces scanning time, thus increasing "productivity", and it also ensures simultaneous 
imaging and greater patient comfort. These two heads must behave identically, i.e. since one 
in fact replaces the other, no differences in the images due to head differences should be 
introduced. “Out-of-tolerance" differences often result in artefacts that can be difficult to 
detect visually. Fig.8.1.1 shows different models of 2-head gamma cameras. 


Fig.8.1.1: Genesis-ADAC Gamma cameras, Discovery- GE in two configurations and Symbia- 
Siemens 


The 2-head gamma cameras generally allow the heads to be positioned at different angles to 
each other. There are two typical configurations. One consists of facing each other, or in other 
words, making a 1802 angle between them, and the other making a 902 angle, which is used 
for cardiologic tomographic studies. Some manufacturers - Siemens, for example, have 
marketed gamma cameras only for cardiology with two heads fixed at 902 (Fig.8.1.2). Note 
that the size of the heads is smaller than conventional ones as they only have to cover the 
myocardium. 
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Fig.8.1.2: Siemens cardiology camera c. Cam 


The company Mediso has marketed a cardiology camera in which the patient is seated so that 
2 heads at 90° rotate around the patient inside a protective casing (Fig.8.1.3). 


Fig.8.1.3: Mediso Cardio desk camera 


Most equipment is based on a floor-standing stand - which is the conventional form - whereas 
the Philips Skylight camera was such that the heads hung from a structure that encompassed 
all possible horizontal and rotational movement for SPECT (Fig.8.1.4). 


Fig.8.1.4: Philips Skylight Gamma camera 
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8.2:Gamma cameras with 3 detector heads 


There have been different models of 3-head gamma cameras on the market such as GE's 
Neurocam which was designed exclusively for brain tomographic studies with small head sizes 
and high sensitivity collimators, Picker's general purpose PRISM gamma camera and the Trionix 
Triad (Fig.8.2.1). Currently Mediso also markets a general purpose 3-head camera. 


Fig.8.2.1: 3-head gamma cameras. Neurocam-GE, Prisma-Picker, Trionix-Triad and Trio-Mediso. 
8.3: Whole body cameras (WB 

8.3.1: Description and operation 

These gamma cameras make it possible to obtain an image that represents an area larger than 


the width of the camera's field of view. This is achieved by acquiring line-by-line images by 
combining an electronic "scan" with a mechanical movement (Fig.8.3.1). 
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Fig.8.3.1: Full body scan. Movement of the heads (Sopha DHD) 


Once the total length of the tracking and the speed in cm/min at which the acquisition is to be 
carried out have been set, the equipment divides the movement into three consecutive stages 
without interruption between them. The first stage with the detector(s) immobile, starting 
from the initial position, which is the end of the camera's field of vision, and with the detector 
fixed, an image is acquired through a window that widens line by line until it covers the entire 
field of vision. From this moment on, the head starts to move, so that the mechanical 
movement replaces the electronic movement. In this way, the window is acquired with the 
window occupying the entire UFOV until the end of the head reaches the end of the 
programmed length. At this point, another electronic movement is initiated which closes the 
acquisition window (Fig.8.3.2). In this way it is achieved that the acquisition has been going on 
for the same time in each cm of the path as it is always at constant speed. 
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Fig.8.3.2: Schematic of the formation of a whole-body scan image. 


These sequential acquisitions ultimately form the complete picture as shown in Fig.8.3.3. 
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Fig.8.3.3: Full body acquisition in AP projection 


In equipment with two heads, the acquisition is done simultaneously in both detectors, 
obtaining the AP and PA projections in a single scan (Fig.8.3.4). Note the detail obtained in the 
vertebrae in PA, which is due to the proximity of the head to the couch where the patient is 
lying. On the other hand, in AP, due to the greater distance, the detail in the vertebrae has 
faded. It should be borne in mind that the number of counts recorded depends strongly on the 
scanning speed. If the scanning speed is too high, fewer counts are acquired than if it is slower, 
to the detriment of the image quality. The speed has to be adjusted according to the activity 
administered for each gamma camera as the quality is also a function of the sensitivity of the 
system (basically the collimator). When the profile is drawn manually, it is essential to adjust it 
to the minimum possible distance from the patient as is the case with automatic contours. 
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Fig.8.3.4: Example of WB acquisition with 2 heads 


For gamma cameras without a contour detector, the "anterior" profile of the patient must be 
followed to adjust the distance and optimise the spatial resolution. If the equipment has a 
contour detector, it is sufficient to mark the initial and final position. In PA the distance is 
always the same as the patient is on the couch and therefore at a constant distance. 

There are two types of full body equipment. One, which is practically no longer commercially 
available, is a system in which the entire rack moves along the couch. In the second system, 
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which is currently prevalent, it is the stretcher that is motorised and runs across the rack 
(Fig.8.3.5). 


Fig.8.3.5: Full body gamma cameras with displacement of the stand (ADAC) and with 
displacement of the couch (Siemens). 


8.3.2: Performance Aspects 

The quality of the studies acquired with a whole-body camera is determined both by the 
quality of the detectors and the quality of the movement. Thus, it is essential to ensure that 
the speed is constant, both in the electronic and mechanical scans, and that they are equal to 
each other. If this is not the case, there is a lack of uniformity that can alter the image 
(Fig.8.3.6). The same applies to the spatial resolution. In short, the aim is to obtain the same 
quality when moving as when at rest. 
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Fig.8.3.6: Change of velocity between the initial phase of electronic motion "rest" and that of 
mechanical motion (Busemann-Sokole 2001.) 


Moreover, if it is a two-head unit, its images should have identical characteristics. It is 
interesting to note that in PA there is a stretcher interposed and that therefore there is a 
certain attenuation that results in a decrease in activity, which does not occur in AP, but on the 
other hand, in PA the distance is always the same (and therefore the same resolution) while in 
AP the distance to the patient is not constant due to the fact that the dimensions of the heads 
do not always allow the same distance to be maintained but, on the other hand, there are no 
interposed attenuating elements (Fig.8.3.7). 
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Fig.8.3.7: Variable head-to-patient distance in PA 


The scanning speed has to be such that quality images are obtained. In some cases, due to 
pressure of care, the scanning speed has been increased, e.g. from 10 to 12 cm/min with a 
detriment of quality as there is not enough time to detect a sufficient number of counts (the 
number of total counts is inversely proportional to the speed for the same scan length). The 
speed has to be adjusted to the sensitivity of the detector and the activity administered. 


8.4: Tomographic Gamma Tomography (SPECT) cameras 


8.4.1: Description and operation 

Gamma cameras with a rotational movement around the patient are called tomographic or 
SPECT (Single Photon Computed Tomography) cameras to distinguish them from PET (Positron 
Emission Tomography) cameras, which are based on detecting the two photons from the 
annihilation of positrons. 

These cameras allow the acquisition of a sequence of projections’® at successive angles around 
the patient (Fig.8.4.1). 


Fig.8.4.1: Tomographic acquisition scheme 


** A projection is a planar image obtained at a certain angle. 
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The purpose of these cameras is to obtain the three-dimensional distribution from two- 
dimensional projections of the distribution of a gamma-emitting radiotracer in the patient 
(Fig.8.4.2). The three-dimensional distribution is obtained by means of a tomographic 
reconstruction programme that calculates estimates of the tracer distribution in the cross- 
sections, i.e. in the perpendicular planes along the axis of rotation. 


e 
* 
_— 
> 
* 
all 
- 
+ 


@¢e¢ec 2 92 @ @ @ 
eeeoeeces & © 


e 2 
= = 
= = 
i 
= ©¢ 
+ 
ee 


projections Transaxial slices 


Fig.8.4.2: SPECT schematic 
Projections are achieved by rotating the heads of a gamma camera around the patient. Today, 


the most common configuration is a two-head configuration, although the first tomographs 
were single-headed (Fig.8.4.3). 


counterweight 


Fig.8.4.3: Tomographic Gammacameras (GE Starcam, Siemens Orbiter) 


Note how the gamma cameras of one head have to have a counterweight to balance the 
equipment in all orientations. The weight of a head, although it depends on the collimator, is 
of the order of 200 kg. 

SPECT tomographs with 2 heads (Fig.8.4.4) allow two angulations between heads, i.e. 180° 
between them (parallel) or 90°, i.e. perpendicular to each other. 
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Fig.8.4.4: A 2-head gamma camera allows 2 orientations in tomographic acquisitions (GE 
Varicam). 


In order to be stable with the heads at 902 (cardio mode), all gamma cameras have a stand 
with a large base so as not to present appreciable off-centres which could influence the 
rotation of the unit. If the detectors are at 1802 (parallel mode), as they are of equal mass, the 
equipment does not present balance problems. 


8.4.2: Performance Aspects 

The weight of collimators varies greatly depending on the energy for which they are designed. 
Low energy (LE) collimators weigh 40-50 kg, medium energy (ME) collimators 95 kg and high 
energy (HE) collimators 120 kg (GE Medical systems 1998). These differences on the one hand 
require very robust stands and on the other hand imply a high stiffness of the centre of 
rotation. Indeed, one of the main causes of artefacts due to rotation is the instability of the 
axis around which the rotation takes place. The physical axis of the gamma camera and the 
"computer" axis used by the tomographic reconstruction programme must coincide in all 
projections (angles). If this is not the case, the reconstructed image is distorted according to 
the degree of non-coincidence. Fig.(8.4.5) shows how the degeneration of a point source 
image depends on the offset of the centre of rotation for a 360° orbit. 
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Fig.8.4.5: Artefact created by displacements of the centre of rotation in a 360° orbit 
(Busemann-Sokole 2001). 
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Fig.8.4.6 shows how these artefacts translate into a clinical cerebral perfusion scan. The pixel 
size, in this acquisition, is 3.4 mm. 
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Fig.8.4.6: Errors generated in 360° rotation (Busemann-Sokole 2001) 


In cardiology, a 180° orbit from -45° to +135° is considered sufficient (0° corresponds to the 
patient's vertical). In this case, if there is a displacement of the centre of rotation, a horseshoe- 
shaped artefact appears instead of a circular crown (Fig.8.4.7). 


No displacement Displacement= 1,9 mm 


he f 


« 
? ~ 
pr hy, 
Displacement= 3,9 mm Displacement= 3,9 mm 


Fig.8.4.7: Artefacts due to displacement of the centre of rotation in 180° orbit (Busemann- 
Sokole 2001). 


These artefacts, so visible in quality control tests, act in an overlapping manner in clinical 
images and can cause, depending on their importance, alterations in the distribution of the 
tracer which do not depend on the patient and which can be mistaken for lesions. A minimum 
offset of % pixel (approximately 1.5 mm) causes a loss of tomographic spatial resolution by 
"widening" the image of a point. Fig.8.4.8 shows the effect of centre of rotation (COR) errors in 
a cardiac phantom with homogeneous activity. The arrows indicate the detected non- 
uniformity (under- and over-uniformity) with respect to the uniformity it should have. 
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Fig.8.4.8: Artefacts generated by errors in the centre of rotation (Busemann-Sokole 2001). 


The centre of rotation constancy check, which is a basic test to ensure the correctness of the 
movement, should be performed for all collimators used for SPECT scans due to their weight 
differences. In multi-head equipment this check, and if adjustment is needed, has to be done 
for each head separately and in both head orientations (parallel and perpendicular). 

On the other hand, especially in single-head gamma cameras where the couch has a 
suspended part at one end to allow the head to "pass underneath", buckling due to patient 
weight must be considered as a possible cause of displacement of the centre of rotation 
(Fig.8.4.9. Tilting of the patient's axis relative to the machine axis is a potential problem that 
must be controlled. 


Fig.8.4.9: Schematic diagram of stretcher buckling 


Gamma cameras with more than one head have a support on the stand to support the couch 
and prevent the couch from sagging. It is therefore important that the patient is positioned on 
the couch in such a way that the couch can rest on this support. These displacements are 
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apparently very small, in the order of a few mm, but we have already seen how, even if they 
are small, they degrade the images. (In principle, the quality control tests for the constancy of 
the centre of rotation with different weights at the end of the couch should be carried out as 
an acceptance test). 

The rotation can be circular, elliptical or body contour. In circular rotation the operator sets 
the minimum radius of the orbit. In the case of elliptical orbit, the maximum and minimum 
radius (semi-axes) are set. The elliptical movement is achieved by combining the circular 
movement of the detectors with a vertical movement of the stretcher. In the case of patient 
contour tracking, the heads are positioned at a preset distance from the patient resulting in an 
irregular but approximately elliptical orbit. 

Tomographic reconstruction methods are based on considering an "ideal" detector that 
rotates ideally. Any deviation from the "ideal" behaviour can lead to the formation of 
artefacts. One of these deviations has already been described, which is the lack of constancy of 
the centre of rotation. Another very important non-idealisation is the uniformity of response 
of the detector. That is, that the response to a uniform radiation source generates a uniform 
image (except for oscillations due to noise). A non-uniformity at a point in the gamma 
camera's field of view generates an artefact in the form of a circumference that is 
superimposed on the detected image. Figure 8.4.10 shows the reconstruction of a cylindrical 
phantom filled with a homogeneous solution of *°"Tc. Each circular image corresponds to a 
cross section of width equal to 1 pixel of the acquisition matrix. We note that from slice 
number 10 to 36 there are circles that stand out from the uniform background. This indicates 
that there is a non-uniformity of different magnitude between these pixels, some being weak 
(such as between 10 and 15) and some strong (such as between 17 and 22, between 24 and 29 
and between 31 and 36). The rest of the cuts are perfectly uniform with the typical radioactive 
noise. To detect these artefacts, which are always centred on the axis of rotation, it is essential 
to use a perfectly homogeneous radiation source, which implies a careful filling of the 
phantom. If the phantom is not uniform, it is difficult to see these artefacts. 


Fig.8.4.10: Cross-sections of a cylindrical dummy with uniform activity. 


The non-uniformity reflected in these images comes from the head, i.e. it can be due to both 
the detector and the collimator. It must be taken into account that the tomographic 
reconstruction amplifies the irregularities, which makes a higher demand for uniformity than 
in planar studies and collimators without irregularities. The graph in Fig.8.4.11 shows how 
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planar non-uniformity is amplified in the tomographic reconstruction and how it varies with 
the distance to the centre (as 1/distance). 
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Fig.8.4.11: Amplification of the non-uniformity by tomographic reconstruction (IAEA 1991) 


In this graph, to quantify tomographic uniformity, a contrast defined by 


Va — Vp 


C = 100: 
a +V 


where V, indicates the mean value in the circular ring and V; the mean value of the 
homogeneous background on which*’ the ring stands out. This is a definition to be applied to 
each ring individually in the case of multiple rings (Fig.8.4.12). 


V, 
> \/~ \ V f 


Fig.8.4.12: Ring artefact and its count profile (from Busemann-Sokole2001) 


*° There are numerous papers in the literature on the quantification of tomographic uniformity. No 
consensus has yet been reached. 
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In contrast, planar uniformity is quantified by the expression of integral uniformity (described 
in 6.7.1). The value of each pixel obtained by tomographic reconstruction is not directly 
counts, but a number representing the counts that could have given rise to the values of the 
images from which they were obtained (IAEA 1991). It is as if the "disturbance" is concentrated 
in the centre and the distance from the centre "dilutes" it by spreading it over a greater length 
or area. 

If the matrix used for the sensitivity correction does not have a sufficient number of counts or, 
in other words, has an appreciable level of noise, this "corrective" matrix will introduce 
disturbances which, when rotating around the object, form rings. Fig.8.4.13 shows 
schematically how this happens. 
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Fig.8.4.13: Schematic of the generation of circular artefacts by an inadequate correction matrix 
(from IPEM 1983). 


Fig.8.4.14 is an example of how the circular artefacts disappear as the number of accumulated 
counts in the flood correction matrix increases because the large statistical fluctuations 
decrease as the noise level decreases. 


FLOOD = 9.5 M FLOOD = 2m FLOOD = 19 M FLOOI 


Fig.8.4.14: Effect of the number of counts on the sensitivity correction matrix (from Busemann- 
Sokole 2001). 


A frequent source of non-uniformity is the use of out-of-date correction matrices. Indeed, 
electronics (mainly photomultipliers) suffer from drifts which mainly influence the energy 
determination and which must be corrected periodically. If these are not corrected or if 
inappropriate correction maps are applied, the consequences are undesirable. The same is 
true if the uniformity correction maps do not correspond to the isotope used in the scan 
(Fig.8.4.15). 
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Fig.8.4.15: Circular non-uniformity artefact of a SPECT with’”’ In and correction map of” CT 
(Busemann-Sokole 2001). 


The irregularities that can exist in a collimator also cause circular artefacts as shown in 
Fig.8.4.16 in which an irregularity causes the diameter of one hole to be larger at the expense 
of the neighbouring hole which is smaller than the rest. This generates a different number of 
counts which has an impact on all projections generating a circumference. 
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Fig.8.4.16: Schematic of circular artefact generation by defective collimator (from IPEM 1992). 


Regardless of the origin of ring artefacts, their impact on clinical studies is of great impact. 
Fig.8.4.17 shows the effect that occurs when ring artefacts are superimposed on a cardiac 
perfusion image. 
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Fig.8.4.17: Effect of ring artefacts on cardiac studies (Zaret 2010) 


On the other hand, it is important to ensure that the detection characteristics do not vary with 
rotation. Thus, for example, cases have been described of variation in uniformity at an angle 
due to a temperature rise caused by a head cooling fan whose efficiency varied with its tilt. 
Another example is a photomultiplier whose electrical contacts were loose and varied with 
angle (Fig.8.4.18). 


Fig.8.4.18: False contact of a photomultiplier at three successive angles (Busemann -Sokole 
2001). 


Although gamma cameras have magnetic shielding, it is not absolute, so the strength of 
magnetic fields generated by nearby MRI equipment must be taken into account. It may also 
happen that radioactivity from a patient close to a SPECT gamma camera increases the 
number of counts in certain projections, thus altering the supposedly ideal detection 
conditions. 

Tomographic reconstruction assumes, as mentioned above, that the detection is perfect. In 
principle, the reconstruction assumes a single detector. If two detectors are used and each of 
them travels half of the orbit, there can be no difference between the two halves. Both 
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detectors must have the same sensitivity and a perfect co-ordinate registration, i.e. no 
displacement of the positions between them. Fig.8.4.19 shows the consequences of the 
relative difference (RDE: 100% is the equality) of sensitivity between detectors in images 
obtained from a phantom. Of note is a loss of resolution as the difference increases. 
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Fig.8.4.19: Aretefacts due to detector sensitivity difference (Weber 1997) 


Registration errors, i.e. images from one detector being displaced relative to the other, 
generate artefacts as if there is a shift of the rotation axis or the patient has moved. 
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9: Gamma cameras "No Anger". 


No-Anger gamma cameras are those gamma cameras which differ profoundly in some aspect 
from the original scheme consisting of a scintillation crystal on which a battery of 
photomultipliers is applied and in the calculation of the coordinates by weighting the signals of 
the scintillation crystals. There are different configurations based on scintillation crystals and 
other, more recent ones, which directly apply solid state detectors. 


9.1: Scintillation crystal + position-sensitive photomultiplier 


Some small gamma cameras for sentinel node detection using a crystal coupled to a position- 
sensitive photomultiplier such as the one in Figure 9.1.1 can be considered in this section. 


7; 
( 


Fig.9.1.1: "Sentinella" camera with a position sensitive photomultiplier (Oncovision) 
The position-sensitive photomultiplier consists of a two-dimensional structure of dynodes 
which amplify separately according to the position at which the photocathode is excited 
(Fig.9.1.2 ). In this way, images are generated directly without recourse to Anger logic (see 
Annex A6). 
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Fig.9.1.2: Schematic of a position-sensitive photomultiplier (Hamamatsu 2007) 
9.2: Scintillation crystal + movable collimator 
The great demand for equipment dedicated to Nuclear Cardiology (especially in the USA) has 
led to the commercialisation of specific equipment for this purpose. Thus, the CardiARc 


camera consists of a curved Nal(Tl) crystal to which photomultipliers are coupled. It has a 
rotating lead collimator with slits for simultaneous acquisition at different angles (Fig.9.2.1). 
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The detector forms a 180° arc so that projections are acquired as if rotating a conventional 
gamma camera head. 
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Fig.9.2.1: Gammacamera CardiARC (Cardiarc Ltd.) 
9.3: Scintillation crystal + photodiodes 


The company Digirad markets the Cardus equipment for cardiology using solid scintillation. It 
uses 6x6 mm Csi(TI) crystals, each coupled to a silicon photodiode with a total of 768 micro 
detectors. Anger logic is used to calculate the position of the scintillations, and the energy 
resolution is in the order of 8%. The equipment can have one, two or three heads and in SPECT 
it is the seated patient who rotates in front of the detectors in an arc of 2022 (Fig.9.3.1). 


Fig.9.3.1: Gamma camera Cardus (Digirad Corp.) 


Also from the same manufacturer are the ERGO cameras for static and dynamic studies which, 
due to the lightness of their head, can be oriented by hand (Fig.9.3.2). These cameras use the 
same detectors as the Cardus. 
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Fig.9.3.2 Ergo Camera (Digirad Corp.) 


9.4: Solid state detectors 


The commercialisation of reasonably priced CdZnTe (CZT) and CdTe crystals has led to the 
development of a variety of equipment for nuclear medicine. These crystals form solid-state 
detectors, i.e. they convert gamma radiation directly into electrical pulses, avoiding the 
scintillation crystal. CZT-based detectors have an energy resolution in the order of 6% while 
Nal(Tl) provides, at best, a resolution of 9.5%. CZT crystals are small in size (~ 2-3 mm) so that 
they are arranged in arrays with each crystal corresponding to one cell of the imaging array. 
These detectors also have, due to the direct conversion of photons to electrons, a higher 
sensitivity than conventional detection (see Annex A9). 


9.4.1: Mini hand-held cameras 

With this technology, various small cameras (Fig.9.4.1) have been commercialised as imaging 
operating theatre probes for the localisation of, for example, sentinel lymph nodes. They 
consist of a matrix of 16x16 crystals (256 crystals). 


Fig.9.4.1: Manual camera (Knoll 2014) with CZT and camera with CdTe Minicam 2 
(Euromedical) 


9.4.2: Cardiology cameras 

Spectrum Dynamics (Israel) markets D-SPECT cardiology equipment. This equipment consists 
of 9 detectors in the form of a column (Fig.9.4.2) forming a 90° arc. Each consists of 1024 
(64x16) CZT detectors with a square hole collimator of the same size as the CZTs. 
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Fig.9.4.2: D-SPECT detectors (Patton 2007) 
These detectors are automatically oriented towards the heart in a 1 min pre-acquisition to 


locate the heart. The acquisition is performed by rotating the detectors between the 
boundaries detected in the previous step (Fig.9.4.3). 


Fig.9.4.3: D-SPECT and schematic of detector column layout (Patton 2007) 


Compared to a cardiology camera with conventional detectors, this equipment has 8-10 times 
more sensitivity. 

GE Healthcare's Alcyone technology also uses CZT detectors equipped this time with 19 fixed 
pin-hole collimators (Fig.9.4.4). Each pin-hole is coupled to 4 CZT detectors. The acquisition is 
done simultaneously and the collimators are arranged in 3 rows, the central one perpendicular 
to the patient axis and the end ones inclined 5° . In this way a 3D acquisition is achieved. 


Transaxial plane Axial plane 


Fig.9.4.4: Alcyone Technology and Discovery 530c (Slomka 2014+ Ge Healthcare) 
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Figure 9.4.5 shows the collimators as well as the CZT detectors attached to each pin-hole. 


Fig.9.4.5 Collimator assembly and CZT detector module ( Slomka 2014) 


9.4.3: General purpose chambers 

In GE's Discovery 870 (Fig.9.4.6), conventional detector heads have been replaced by CZT 
detector heads. Each head consists of 130 CZT detectors each with 256 crystals. It uses the 
same type of detectors as in the cardiac chamber, each cell being 2.4 mm ona side. 


Fig.9.4.6: Gammacamera Discovery 870 (GE Health care) 


The same company that has developed the D-Spect cardiology equipment has recently 
commercialised a general purpose camera based on 12 CZT detectors that automatically adjust 
to the patient's contour. Each arm has an oscillating detector inside as in D-SPECT. These 
devices acquire directly in 360° SPECT® (Fig.9.4.7) and from the original studies, planar and 
whole-body images are obtained by software. 
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Fig.9.4.7: Veriton equipment (Spectrum Dynamics 2021) 
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10: Positron tomographs 


Positron Emission Tomography (PET) is currently a very popular technique in Nuclear 
Medicine. It is called Molecular Imaging to differentiate it from the classical imaging technique 
using gamma-emitting radiopharmaceuticals. By using positron emitters, i.e. electrically 
charged particle emitters, its detection is carried out indirectly through the interaction that 
occurs in the patient's body. This interaction generates two gamma rays that are detected 
externally by equipment based on scintillation or, nowadays, solid-state detectors. 


10.1: Positron emission and annihilation 


10.1.1: Positron Emitting Elements 

Positron-emitting elements are those nuclei with excess protons that achieve stability by 
converting a proton (p) into a neutron (n) and a positron (e* ) and taking away the excess 
energy of the proton along with a neutrino (v ) of practically zero mass. This process gives rise 
to radiation B* . The positron energy is not fixed; it can vary between 0 and a maximum energy 
that depends on each nucleus. The probability distribution of the energy has the maximum 
around 1/3 of the maximum energy (Fig.10.1.1). 
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Fig.10.1.1: Energy spectra of 3 emitters B* used in PET (Alva-Sanchez 2016) 


The conversion of a proton translates, at the atomic level, into the atomic number (Z) (which 
refers to the electric charge) decreasing by one unit while maintaining the atomic mass (A). 


IX > 7 AY + et +y 

For some of the isotopes used in PET, this decay is realised in the following examples 
Yc >UB+ et+yv 
BN > BC+ et+V 
PO>UN+et+yYV 


18F > Bo+ et+v 
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and the one used for the calibration of tomographs 

8Ga—> $37n+ et +yv 
Being B radiation, the positron energy has a continuous distribution (Fig.10.1) characterised by 
mean and maximum values. Table 10.1.1 presents these values for the above radioisotopes as 


well as their half-lives. 


Radionuclide Mean energy (keV) Maximum energy Half decay period 


(keV) (min) 

mG 394 970 20,4 
BN 488 1200 10 
*O 720 1730 2 

18F 250 640 109,8 

Ga 1287 1900 67,7 


Table 10.1.1: Characteristics of some radionuclides used in PET 


The B* emitting radioisotopes used in PET generally have very short half-lives compared to they 
emitters used in nuclear medicine. The “8F can be distributed from a production facility 
relatively easily while "Cc, °N and *°O require a cyclotron in the same care unit. The “Ga is 
obtained from generators “Ge/**Ga and one of its applications is the calibration of 
tomographs. 


10.1.2: Positron annihilation 

The radiation B* being made up of positrons (e* ) interacts with the material medium as an 
electric charge, i.e. by means of Coulomb electric interaction (ionisation, excitation) and 
therefore has an erratic behaviour until it loses practically all its energy. When this happens, as 
the positron is the antiparticle of the electron (identical except for the sign of the electric 
charge), the positron interacts with an electron of the material medium (patient's body), 
annihilating both particles. This annihilation reaction converts the mass of both particles into 
energy according to the expression E=mc’, which is expressed as 2 photons y of 511 keV 
emitted simultaneously in the same direction in opposite directions (Fig.10.2). If the e’ was not 
absolutely at rest with respect to the e, this small difference results in a slight deviation of one 
photon with respect to the other called collinearity” (for more details see annex A1). 

The interaction of positrons with electrons can be summarised by saying that 2 photons of 511 
keV are produced simultaneously, and forming an angle of = 180°. 


° In this way, one of the fundamental principles of physics, that of the conservation of kinetic 
momentum, is fulfilled. 
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Fig.10.1.2: Schematic of the annihilation reaction e*+ e . dis the range of e’. 


This phenomenon therefore allows the positron emission to be detected externally. On the 
other hand, the range, which is the distance between the emission and annihilation points, 
directly affects the quality of the images by affecting their spatial resolution. The range of 
charged particles is of physical, not instrumental, origin, and its value depends both on the 
medium they pass through and on their energy (Fig.10.1.3). 
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Fig.10.1.3: Images of e+ scattering for two energies and two tissues (Herraiz 2021). 
10.2: Positron detection 


Positrons are detected by detecting the photons produced in their annihilation. In contrast to Y 
radiation, where the medium hinders their detection, positrons are detected precisely because 
of the medium in which they are emitted. For this purpose, the characteristics of their 
annihilation such as energy, simultaneity and directionality of the photons are used. 

Directionality means that detectors on a straight line facing each other must be used, and 
simultaneity means that there must be a circuit to determine the time elapsed between pulses 
generated by each detector to decide whether they have been emitted simultaneously. For 
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energy, the possibility of "acceptable" energy loss due to the Compton Effect from the 
interaction of the photons y with the patient must be taken into account (Fig.10.2.1). 


Fig.10.2.1: Schematic of positron annihilation detection 


After detection, the energy must be checked to ensure that it is around 511 keV. For this 
purpose, a selector-discriminator circuit is used which generates a pulse when the detected 
photon is between a preset lower limit energy (LLD) and an upper limit energy (ULD). An 
energy higher than 511 keV is justified by random variations in detector gain that can lead to 


energy estimates higher than the maximum (Fig.10.2.2). 
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Fig.10.2.2: Scheme of the energy window mechanism (Gispert 2013) 


Once energetically valid pulses are available, their simultaneity must be checked (Fig.10.2.3). 
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Fig.10.2.3: PET detection scheme (Gispert 2013) 


For this purpose, a timer is used which is started (at zero) when a photon of "correct" energy 
hits it. If a photon also of "correct" energy arrives at one of the detectors opposite the first 
detector, then the timer measures the time elapsed between the first pulse and the second 
pulse. If this time is less than the value of an acceptance window of width 2t (4 to 12 ns) then 
both photons are considered to come from the same annihilation. 

If they come from the same annihilation, it means that the annihilation is located somewhere 
on the line joining the two detectors. This line is called line of response (LOR). One LOR is 
therefore 1 count. The detected activity is measured as counts/second which is the same as 
LORs/second. 

The detected rate (counts/s) is given by the joint probability (being coincidences) of the 
detectors which is the product of probabilities times the source activity. This makes the overall 
rate the product of the rates of each detector.” 


10.3: Coding of response lines 


LORs are straight lines between 2 detectors and the primary way to identify them is to give the 
expression of a straight line passing through two points, assigning to each detector (X,Y) 
coordinates. This means that 4 values (Xa ,Y, ), (Xg,Yg ) for the LOR between detector A and 
detector B would be needed. Since the photons do not have a specific direction in the 
emission, but are distributed equally in all directions, the detectors must be arranged 
according to a circumference in order to be able to detect in 360°. Polar coordinates are used 
to facilitate identification due to the circular symmetry. This representation achieves two 
things: one, it reduces the amount of information needed to identify each LOR, and two, being 
circular symmetry, the coordinates have a direct interpretation of the circular arrangement, 
whereas Cartesian coordinates do not (Fig.10.3.1). The polar coordinates are the radius or 
distance to the centre of the circumference where the detectors are located and the angle "@ " 
with respect to a reference which is normally taken vertically. 


** Let A be a source of activity A. The rate T detected by a detector is T= p- A, where p is the probability 
of detection. The probability of detecting "simultaneously" in 2 detectors is p12 =p, - p2 so the rate 
detected in coincidence is T,. =py, -A. (This is a consequence of the "and-rule" of combining 
probabilities.) 
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Fig.10.3.1: Equivalence of identification between Cartesian and Polar coordinates 


The detection of annihilations does not directly generate an image of the radiopharmaceutical 
distribution as in the case of nuclear medicine with y emitters. Indeed, a gamma scan is a 
two-dimensional histogram, i.e. ina gamma camera each detection has Cartesian coordinates, 
which allows the accumulation of counts in boxes (cells) corresponding to these coordinates. 
In PET, and also in SPECT (as a second step) polar coordinates are used, which makes it 
possible to visualise the counts by sorting them by distance from the centre (radius r) and by 
angle (@ ). This representation, called a sinogram, shows how the activity (number of LORs) 
varies according to the angle as a function of the distance to the centre and , at the same time, 
for a fixed distance to the centre how it does according to the angle. In fact, it is the ordered 
representation of the response lines (Fig.10.3.2). 


Counts detected at distance r 


r r 
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Fig.10.3.2: Diagram of the sinogram formation. Each LOR corresponds to a point in the 
sinogram. 


As each response line corresponds to a point (cell) of the sinogram, the content (colour) of 
each of these points is the detected activity, i.e. the number of LORs with those coordinates. 
These representations are called sinograms because they are the representation of the curve 
that describes the projection of a point on a diameter as it travels around a circle. This curve is 
described by a sine function. Figure 10.3.3 presents this description. 
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PET Sinograms 


Displacement 
Fig.10.3.3: Sinogram of a point at a fixed distance from the centre (from Fahey 2008) 


As a large body is considered to be composed of points, its sinogram will also be the 
composition of the individual sinograms, as exemplified in Figure 10.3.4. 
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Fig.10.3.4: Sinogram of a point and of a distribution of points (brain) (Fahey 2008) 


Since the coincidence method does not directly generate an image of the interior of the object 
under study, it is essential to apply a tomographic reconstruction method after acquisition (the 
basics of which are described in chapters 17 and 18). 


10.4: PET gamma cameras 
Based on the detection considerations, it follows that PET scanners will consist of a set of 
detectors arranged around the patient in order to obtain a large number of LORs 


simultaneously. In fact, two detectors rotating around the patient are sufficient. Taking 
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advantage of the technology of SPECT gamma cameras and in order to offer much cheaper 
equipment, conventional SPECT equipment with PET capabality was marketed without much 
success (Fig.10.4.1). 


Fig.10.4.1: HD3 E.Cam duet® Gamma camera for PET (Siemens) 


These devices had thicker than usual Nal(Tl) scintillation crystals for 511 keV (1") photons and 
with additional electronics for coincidences that operated without collimator or with 
collimator with very low performance (Fig.10.4.2). The thickness of the crystal was not optimal 
for low energy scans (*"Tc) which resulted in a slight loss of spatial resolution although there 
was a gain in sensitivity. 
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Fig.10.4.2: Comparison of sensitivities between tomographs and gamma cameras adapted to 
PET (Phelps 1998). 


10.5: Evolution of PET scanners 
The first equipment for positron detection for medical applications were "scanners" or trackers 
with rectilinear motion (Fig.10.5.1), such as linear gammagraphs with two heads working in 


coincidence that allowed the localisation and determination of the size of lesions. They made it 
possible to obtain what could be called "positographs". 
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Fig.10.5.1: Brownell and Aronow equipment from 1953. Result of a scanning with this 
equipment (Holm 2018). 


Subsequently, these same researchers at the Massachusetts General Hospital (MGH) 
developed in 1969 a static device consisting of two heads with a battery of coincident 
scintillation detectors (Fig.10.5.2), which they called the "positron camera". 


Fig.10.5.2: Positron camera of the MGH (Jones 2017) 


In 1971 Chesler presented the first tomographic images obtained by endowing the positron 
camera heads with a circular movement around the patient and using the same reconstruction 
method used in X-ray tomographs (CTs). This arrangement was very sensitive to coincidences 
not originating from the patient, which made the expected quantification of activity imprecise. 
In 1974 Ter-Pogossian, Phelps, Hoffman and Mullani developed the first equipment that 
allowed simultaneous detection at 3602 (which they called Positron Emission Transaxial 
Tomograph: PETT) and which largely solved the problems of false coincidences. For this 
purpose, they opted for a hexagonal distribution as shown in figure 10.5.3. 
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Fig.10.5.3: PETT prototype (Ter-Pogossian 1975) and schematic of ECAT II equipment (Jones 
2017) 


This scheme served as the basis for the development and marketing by the company ORTEC of 
the ECAT (Emission Computerised Axial Tomograph) equipment which became widely used, 
based on the PETT Ill (by Phelps). As can be seen, the detectors were grouped in blocks 
forming a hexagon the thickness of a detector. As each detector was at 602, to cover 3602 it 
was sufficient to rotate the whole detector array by 302. The limitation was that it only 
covered a very narrow field of view, in fact only a single cross-section, which meant that the 
patient had to move along the detector axis (as is also the case today for whole-body 
equipment) (Fig.10.5.4). 


Fig.10.5.4: PETT III equipment (Phelps 1975) 


Equipment was then developed with the detectors arranged circularly as they are today, and 
by reducing the size of crystals and photomultipliers it became possible to attach several rings 
of detectors to obtain different consecutive cross sections at the same time. This step was 
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achieved by replacing the Nal(TI) crystals with BGO crystals”’ which did not require as much 
thickness to detect 511 keV. In these devices, each crystal was connected to a photomultiplier. 
A very important step in reducing the size of the detectors and increasing their performance 
was the use of blocks of 4 photomultipliers applied to an array of 8x4 (32) small BGO crystals 
which was developed by the company CTI (Fig.10.5.5) which was subsequently taken over by 
Siemens and is the basic scheme of other manufacturers. 


8x4 crystals ~ 4 PMT 
ECAT 93x 


1 crystal~ 1 PMT 


ECAT 911 


8x8 crystals 4pyyt 
ECAT 95x = ECAT HR 


8x8 crystals 
OF 4x4x30 mm 
ECAT HR+ 


Fig.10.5.5: Evolution from 1 crystal -1 photomultiplier ("original" design) to multi-crystal and 4 
photomultipliers (from European Medical) 


In this way, using Anger's logic of gamma cameras, a much better resolution was achieved than 
with 4 crystals directly coupled to their respective phototubes since the spatial resolution was 
ultimately fixed by the size of the scintillation crystals ( Fig.10.5.6). 


Tomographic (x) 


Axial (z) 


x = (A+B) (C+D) / (A+B+C+D) 


— “Anger” 


z=(B+D) -A+C) / (A+B+C+D) 


EXACT HR Block 


Fig.10.5.6: Schematic of coordinate calculation with a crystal block (8x8) with 4 
photomultipliers (Lecomte 2005) and a real block (Siemens). 


“ BGO=Bismuth germanate=BigGe30.2. - LSO=Lutetium lutetium orthosilicate doped with Cerium 


=Lu2Si0s(Ce) LYSO=Lutetium lutetium orthosilicate doped with yttrium and Cerium (Lu, Y.2 SiO , :Ce) 
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The ECAT 911 CT scanners (from CTI/Siemens) were the first devices to be marketed with this 
technological innovation (Fig.10.5.7). 


Fig.10.5.7: ECAT equipment (CTI, Siemens) 


GE HealthCare (GE), on the other hand, opted to use 4-crystal blocks and 2 PMTs in its Advance 
equipment (Fig.10.5.8). 


Fig.10.5.8: Blocks of 2 PMTs in GE Advance NXi equipment (Fahey 2008) 


Instead of block grouping, Philips used a PMT arrangement on a distribution of small crystals 
(Fig.10.5.9) in its Gemini model. 
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Fig.10.5.9: Multi-crystal solution developed by Philips (Zanzonico 2004). 


The number of crystals has increased over time, from one single crystal (of Nal(TI) per 
photomultiplier as in the Therascan to 4 per 13x13 (169) crystals in the Siemens Biograph HR 


with LSO crystals. (Fig.10.5.10). 


Therascan 
1981 (89) 
single detector 
20°35 mm 
total # 256 


Biograph Hirez 
2005 
4°4 block 13°13 block 
6°12 mm 44mm 


total # 4096 total #24336 


Fig.10.5.10: Evolution of the number of crystals in the blocks (Holm 2018) 


Nowadays crystals are usually 4x4x20 mm LSO or LYSO crystals whose decay time is much 


shorter than BGO. 


properties and dimensions. 


The scintillation crystals determine the basic characteristics of the detection both in terms of 
Some manufacturers use different types and sizes of crystals 
depending on the intended use of the equipment. The following table (10.5.1) shows the 
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crystals currently used in clinical PET equipment. Nal(TI) has been included for reference with 
respect to gamma cameras. LSO and LYSO have equivalent performance’? . 

It presents 3 basic parameters such as decay time, density and light yield. Density indicates the 
probability of interaction, so the higher the density, the shorter the crystals can be. The light 
yield indicates better energy resolution as this depends statistically on the number of photons 
generated in each scintillation. The time constant indicates the speed at which the crystal 
generates the photons to be detected. This parameter is of major importance along with the 
number of photons produced as it directly affects the time resolution (Table 10.5.1). 


SCINTILLATOR INF1(G 0) 51610 Ma Is SO) 
Rel. Light Output 100 15-20 | 75 


Peak Wavelength (nm) 410 480 420 


Decay Constant (ns) 230 300 
Density (g/mL) : 7.13 
Effective Z 

Index of Refraction 


Hygroscopic ? 


Table 10.5.1: Performance of scintillation crystals used in PET (Fahey 2008) 


Temporal resolution, as already defined in other types of equipment, is a measure of the time 
that has to elapse between two successive detections before they can be detected separately, 
i.e. as distinct. In PET, this is particularly important since detection is based on temporal 
coincidences. The temporal resolution is obtained from the combination of the temporal 
resolution of the two detectors involved in obtaining a LOR when working in coincidence. 
Current equipment has a resolution between 2 and 12 ns. It is this value that allows setting the 
width of the acceptance window in a tomograph so that only 2 pulses are admitted if the time 
difference is smaller than the temporal resolution of the equipment. 

The formation of the pulses requires a time that is mainly governed by the decay time of the 
crystal. Obtaining fast and "luminous" crystals has made it possible to commercialise the Time- 
Of-Flight optimisation technique. 

Improved techniques have consequently led to an evolution of image quality in both resolution 
and sensitivity as shown in figure 10.5.11. We can see how the quality has been linked to the 
nature of the scintillation crystals and their dimensions. 


“3 LYSO was developed for reasons of conflicting commercial patents between Siemens and GE 
Healthcare. 
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Fig.10.5.11: Evolution of PET imaging as a function of technology (from Thompson 2019 and 
Fisher 2016) 
10.6: Structure of PET tomographs 


PET scanners currently consist of a series of detector rings (10.6.1) that delimit the useful field. 


Rings of detectors 


Fig.10.6.1: Rings of a tomograph (Siemens) 


The detectors consist either of blocks (at Siemens and GE) or of a continuous array of crystals 
to which the photomultipliers are attached (at Philips). Both geometries, although implying a 
different way of grouping the photomultipliers, are close to a circular polygonal distribution. 
The number of crystals, often referred to in this context as detectors, is very high. Table 10.6.1 
shows these values for some models of tomographs marketed up to 2008. 
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Tae 


| Siemens Biograph LSO} Siemens HiRez LSO | 
Detector Dimension (mm)} 65x6.5x25 


#OfPET Detectors | 9.216 
PET Detector Maternal 


Spatial Resolution 


Table 10.6.1: Some characteristics of PET equipment (Fajey 2008) 


In one way or another the photomultipliers and crystals are grouped into modules that will 
form the tomograph ring (Fig.10.6.2). 


a 
o 


Detector block ee 
< 
Detector blocks a 
and front-end ~ é 
electronics | Detector module 


Fig.10.6.2: Formation sequence of a tomograph ring (Holm 2018) 


Crystal elements 
and photomultiplier 
tubes 


Detector 
ring 


The use of small photodetectors (~ 3x3 mm) directly coupled to each crystal (1:1 ratio) has 
made it possible to increase the spatial resolution by making it dependent on the crystal cross- 
section and consequently decreasing the volumetric resolution (Fig.10.6.3). 
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Fig.10.6.3: Reducing the size of crystals through the use of small sensors (Siemens 2018) 


An example of miniaturisation can be seen in Figure 10.6.4 where a typical 4 PMT 
configuration (GE, Siemens) and the result of using SiPM“* s is presented. 


Fig.10.6.4: Block with 4 photomultipliers and its equivalent with solid-state sensors (Siemens) 


The technology used in GE is very similar as shown in figure 10.6.5. Here we can see how with 
a single module 4 consecutive cuts are obtained and that the crystals are about 4 mm. 


“Fora description see Annex A8. 
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~~ = 20 cm (4 axial rings) 


= Transaxial dimension = 6.4 cm 
4 (4 Transaxial blocks per module) 


Block detector Closed loop cooling tubes 


Fig.10.6.5: Schematic of GE Healthcare's Discovery MI modules (Zhang 2020). 


These new modules are inserted into the rack in a much simpler way than in classic analogue 
equipment (Fig.10.6.6). 


Fig.10.6.6: Insertion of modules in the rack (Zhang 2020) 


Currently the complete cycle from the scintillation crystal to the clinical tomograph can be 
summarised in the schematic in figure 10.6.7. 


q orroy with 
SipM 


3.2-mmtso 
cystot 


Fig.10.6.7: Construction cycle of tomographs with new sensor technology (Siemens 2018) 
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Philips uses a proprietary technology based on DPC (Digital Photon Counters) sensors that are 
directly coupled one by one to each crystal, as opposed to analogue or solid state sensors that 
share crystals (Fig.10.6.9). With this technology the scintillations are converted into digital 
information directly, without intermediate conversion. PET/CT scanners with this technology 
are called Vereos. 


Analog Many-to-many coupling 


Scintillation 
ts. photons 


Spreading 


PMT PET Unt um Re a ae 


High Energy 
Photog 


Scintillator 
Crystals 
Digital 
Photon 
Counter 


High Energy 
Photo 


DPC PET 


Digital Onetoiine coupling 
Fig.10.6.9: Philips technology with DPC sensors (Zhang 2018) 


10.6.1: 2D and 3D equipment 

In early multi-ring tomographs, septa were used to delimit the number of planes or number of 
lateral detectors between which coincidences were determined (2D acquisition). These septa 
were lead alloy foils that acted as a collimator. As computer systems advanced, models with 
retractable septa were built to support a large number of oblique LORs (3D acquisition) and 
are now built in this mode only (Fig.10.6.10). 


2-D (septa extended) 


Multiring scanner 
with retractable septa 3-D (septa retracted) 


Fig.10.6.10: Schematic of possible acquisition modes (Jones 2017) and tomograph with 
retracted septum (Siemens) 


The elimination of the septa between the rings of crystals has made it possible to increase the 
number of response lines and therefore the sensitivity of the equipment. The change from 2D 
to 3D also entails a radical change in the axial response of the equipment in both shape and 


195 


amplitude. Figure 10.6.11 compares the response between the two acquisition modes and 
how the sensitivity curve varies. 
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Fig.10.6.11: 2D and 3D sensitivity curves and the effect of their increase on a clinical image 
(Marti-Climent 2014). 


Tomographic reconstruction in 2D acquisitions is based on standard methods such as filtered 
back projection (FBP) or iterative methods (MLEM). In the 3D case, given the large amount of 
oblique LORs to be processed, until algorithms capable of working with a large number of data 
have been developed, we have proceeded in two phases. The first consists of converting the 
volumetric information into a 2D plane acquisition by means of different "rebinning" 
procedures. Note that "rebinning" means "re-basketting" the 3D acquired LORs (N* sinograms) 
into (2N-1) 2D baskets, as shown in figure 10.6.12. N is the number of rings in the tomograph. 
The 2N-1 ("stacked") images form the 3D reconstruction. 


Tomégrafo N anillos N* sinogramas 
: oblicuos 
dquisicién 3D 
Imagen 3D Rebinning 
2N-1 cortes 


=< 2N 
> 


sinogramas 20 
<__> Reconstruccién 


3 = 


Fig.10.6.12: Schematic of the reconstruction process using 2D methods in 3D acquisitions 
(from Marti-Climent 2014). 


The usual way of storing the information is to form arrays - collections of memory cells - in 
which each LOR is identified by its polar coordinates (r,@ ) in 2D, or (r,@ ,8 ) in 3D where 0 
indicates the angle formed by the two planes delimiting the LOR. This classification of the 


196 


detections requires some computer time to process and record them. Alternatively, there is a 
list mode where the positions of the detectors involved in a detection, as well as the energy 
and times of each photon, are recorded directly (see Chapter 16). In this way, very high 
acquisition speeds can be achieved. If necessary, after acquisition, they are formatted as 
arrays. Currently, the latest PET devices on the market directly reconstruct 3D acquisitions in 
list mode (Zhang 2020). 


10.7: Normalisation of the tomograph response 


Regardless of the technology used, there can be between 20,000 and 40,000 detectors in a CT 
scanner. This means that the probability that their responses are not identical is high, which 
makes it necessary to check (on a daily basis) the uniformity of response. This is done by using 
a source from “Ge which is part of the tomograph and rotates around the field of view so that 
his radiation hits all detectors (Fig.10.7.1). 


Fig.10.7.1: Schematic of response normalisation mechanism (from Cherry 2012) 


This results in a normalisation sinogram that is automatically applied to all acquisitions. This 
sinogram consists of the correction factors necessary to ensure that all response lines have the 
same sensitivity. Thus, in the absence of any interference (attenuation, scatter), the corrected 
sinogram must be uniform (Fig.10.7.2). 
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Corrected 


Fig.10.7.2: Direct sinogram, correction matrix and corrected sinogram (Cherry 2004) 


In the direct sinogram there are diagonal lines corresponding to the detectors. It can be seen 
that not all the response lines have the same intensity despite being generated by the same 
radioactive source. Recall that the intensity of the LORs are the detected counts that depend 
on the sensitivity of each detector and that is what the normalisation corrects for. Figure 
10.7.3 shows the sinogram with a non-functioning detector. 


Detector Out 


Fig.10.7.3: Sinogram with an inoperable detector (Fahey 2008) 


Acquisition for normalisation is the basis for the daily quality control of a PET scanner. It 
provides a set of parameters that control the whole equipment (Fig.10.7.4). 
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Fig.10.7.4: Results on a GE equipment of the standardisation control. The first image shows a 
functioning device and the second one shows a device with major failures (AAPM 2019). 


Depending on the degree of deviation from the acceptable values, the tomograph warns of the 
incorrectness of a detector and may not allow the acquisition of studies until it is repaired, 
depending on the level of the fault. 

Standardisation, as can be seen in figure 10.7.5 below, is essential to ensure that clinical 
images are correct. Without it, it cannot be ensured that the measuring equipment does not 
introduce changes, hence the importance of quality control. 


Pre-normalization Post-normalization 
Fig.10.7.5: Differences due to standardisation (from Holm 2018) 


10.8: Time of Flight Optimisation (TOF) 


Time-of-flight (TOF) optimisation is optional. It consists of using the detection times, apart 
from seeing if they form a coincidence, to estimate the zone of the response line where 
annihilation has occurred. Figure 10.7.6 shows the schematic of detection between 2 
detectors of a radius R tomograph. 

Assume that the first photon y, takes a time t; between its production and detection and that 
the second photon y, takes a time t, . On the other hand, the photons travel with constant 
velocity c= 3-10°° cm/s. The distance travelled by yi is d; =c--t; and the distance travelled by y2 
is d, =c: t, . If the centre of the field of view is taken as a reference, d1= R-Ax and d2= R+Ax so 
that d2-d1=R+A x-(R-A x) =2Ax. As a function of time it follows that 2Ax= ct2-ct1=c:(t2-t1)=c-A t 
and therefore 
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Fig.10.8.1: Annihilation localisation scheme (Spanoudaki 2010) 


In principle, knowing At it is possible to know the position. However, the time difference has 
an uncertainty that depends on the detectors, which means that instead of having a single 
value for Ax, there is a Gaussian distribution with centre at Ax and standard deviation oa, 
=(c/2)o, as shown in Figure 10.8.2. 


ran 


oy \ 
/ peinilation:point 


scintillator ee \ scintillator 
—————— ae 
Ax L 
™ a 
R 


Fig.10.8.2: Diagram of the annihilation location dispersion (Spanoudaki 2010) 


Taking into account that c=3.10°° cm/s and if the equipment has a time resolution of 6 ns, the 
indeterminacy is Ax= 90 cm, which is larger than the diameter of a tomograph. To restrict this 
dispersion, it is essential to reduce the uncertainty o; and for this purpose, scintillation crystals 
of very low time constant must be used. Thus, using LSO or LYSO with a 40 ns time constant, 
temporal resolutions of 500 ps (0.5 ns) are obtained, reducing the uncertainty to + 7.5 cm. It is 
interesting to note how the temporal resolution correlates experimentally with the spatial 
resolution as shown in figure 10.8.3 which shows how the temporal spectra separate when 2 
point sources are separated. The 2-detector device had a temporal resolution of 400 ps so the 
spatial resolution is less than 7.5 cm (3"). 

It is important to note that one thing is the observation in laboratory conditions, as in the case 
of Brownell, who presented his results in 1968 (Fig.10.8.3), and another is the application in 
clinical tomographs, which must have a much higher performance than a prototype with 2 
detectors. 
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Fig.10.8.3: Separation of time spectra as a function of the separation between 2 point sources 
(2", 3" and 4") (Brownell 1968). 


Since the spatial resolution in PET is mostly determined by the size of the crystal and the 
crystal has to have a minimum size to be able to absorb the 511 keV photons, a resolution of 
2.5 mm can be considered the limit in a clinical tomograph (Moses 2011). This means that with 
a detector with a time resolution of about 165 ps, the location of the annihilation would be 
obtained directly and, in principle, no tomographic reconstruction would be necessary as the 
position in a matrix would be obtained directly. 

The TOF information is used to optimise the tomographic reconstruction by restricting the area 
of interest. Indeed, if the location uncertainty (6, ) is not known, all points in the LOR have, 
a priori, the same probability of being an emitting focus. If the indeterminacy in the position is 
known and smaller than the diameter of the tomograph (0, < D), then it is possible to apply by 
convolution to each LOR a Gaussian centred on the point Ax from the centre of the field, of 
standard deviation o,, and area 1 


1 a 
F(p) =e 
(p) Se 


where p is the distance between each point to be reconstructed and the points in its 
environment (Allemand 1980). In this way, each point is reconstructed only with the significant 
values of its surroundings and not with all the values of the LORs to which it belongs. 

Figure 10.8.4 shows schematically how the number of points considered in each LOR is 
reduced. One criterion used has been to limit the weighting to points contained in a circle of 
diameter equal to the FWTM of the Gaussian (Mullani 1981). 
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Fig.10.8.4: Reduction of the environment from which each point is reconstructed (from 
Spanoudaki 2010). 


It is interesting to observe the curve of the variation of the signal-to-noise ratio with the value 
of "time of flight: o, (Fig.10.8.5) obtained by simulation of a circular homogeneous radiation 
source of 32 cm diameter without taking into account any disturbing effects such as 
attenuation. This is purely to see the effect of the TOF correction. In this case the signal-to- 
noise ratio (S/N) is used as the quotient of the mean value and the standard deviation of the 
reconstruction in dB” . This clearly shows how the quality degrades as o; increases. This is 
equivalent to saying that as the circle is enlarged, the contributions of cells with lower number 
of counts and therefore more noise increase. If the uncertainty o; tends to zero, the maximum 
value is obtained. In this graph, the times corresponding to 500 ps and 175 ps discussed above 
are shown. 


S/R [dB] 


o, [ns] 


Fig.10.8.5: Variation of signal-to-noise ratio as a function of flight time uncertainty (from 
Campagnolo 1979). 


“The S/R ratio in this case is defined as S/R= mean/standard deviation which is the definition quoted by 
Allemand (1980) and in dB is calculated as 20 log (mean/standard deviation)... 
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For an uncertainty of 0.5 ns the S/N ratio is about 2.9 times what would be obtained without 
this correction. This means that to obtain the same quality without TOF, 8.5 times more counts 
would have to be acquired (Allemand 1980). 

The reduction in the number of data results in an increase in the signal-to-noise ratio with 
respect to conventional PET according to the expression given by Budinger in 1983. 


S/Rror _ |D 


S/R ppr {Ax 


where D is the diameter of the object to be imaged (transverse) andA x is the uncertainty due 
to the time of flight. It follows from this relationship that by fixing equipment (crystals, 
electronics, etc.) that determine the value of Ax, the improvement in the signal/noise ratio 
increases with the size of the patient or of the radiation source organ. Figure 10.8.6 shows how 
a small lesion in the abdomen that was only hinted at without TOF can be correctly visualised. 


Fig.10.8.6: Comparison between TOF and non-TOF (Karp 2006) 


If the relative gain G between TOF PET and PET is taken as the square of the signal-to-noise 
ratio, it follows that G is in terms of the temporal uncertainty o; 


From this expression it follows that for an abdomen with Dx 40 cm there is twice as much gain 
as for a brain (D~ 20 cm). 

An indirect measure of this dependence can be seen in Figure 10.8.7 as the diameter of the 
abdomen is strongly dependent on the patient's mass. 
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Fig.10.8.7: Variation of the gain as a function of the patient's mass (weight) (from Karp 2008) 
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The images are obtained (so far) through a tomographic reconstruction algorithm. The 
standard method used to analyse the behaviour of a tomograph is normally the filtered back 
projection method (explained later in chapter 18) as it was the first to be applied because of its 
ease of implementation (it was initially developed for CT). Thus, in Allemand's 1980 work, 
some examples of phantoms with and without TOF are presented. In both cases, it can be 
seen that the activity profile is much more uniform in the case of TOF PET than in the 
conventional one, which can be interpreted as a decrease in the influence of noise in 
accordance with the above mentioned increase in the signal-to-noise ratio (Fig.10.8.8). 


PET PET-TOF 


Fig.10.8.8: Activity profiles of 2 dummies with and without TOF (Allemand 1980). 


Figure 10.8.9 shows images obtained by MonteCarlo simulation of the effect of TOF on a 
phantom with low and high number of counts and two values of temporal resolution. It can be 
seen that TOF obtains better results than conventional and that this improvement increases as 
the spatial resolution decreases. All cases were reconstructed with filtered back projection (no 
filter added). 


PET 
356 10° 


PET-TOF 


356 10° 


Fig.10.8.9: Simulation images for comparison of PET vs PET-TOF quality (Conti 2011) 
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One way to quantify the quality of an image obtained with a certain procedure is to obtain a 
CRC (Contrast Recovery Coefficient) which indicates to what extent an active area on a 
phantom is reproduced or stands out from the background in the image. In fact it compares 
the contrast in the image with the real activity (which is known to be a phantom). Karp et al. 
(2008) used to compare the results of applying TOF the expression 


(H — B) 
B 
a = a 
where H is the number of counts detected in the area of interest, B is the average number of 
counts in the background and A is the true activity in the phantom. They used two phantoms 
of different diameters to simulate standard and obese patients. The phantoms had different 

diameter spheres with the same activity in each sphere. 

Figure 10.8.10 shows the CRC values obtained for the diameter of the spheres and the 
phantom as a function of noise level and number of iterations when using an iterative 
reconstruction method (explained in chapter 18). The experiment used a Philips Gemini TF, 
which was the first commercially available device with TOF for clinical use. 
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Fig.10.8.10: CRC variation with respect to number of iterations for PET (black symbols) and 
PET-TOF (hollow symbols) and different noise levels (Karp 2008). 


It is observed that with TOF better values are obtained than without TOF if the cylinder 
simulates an obese patient and that both are practically coincident for both spheres if the 
"patient" is standard. On the other hand, it is observed that with TOF a stabilisation of values 
(convergence) is obtained with fewer iterations. 

The change from photomultiplier technology to solid state detectors, together with the 
development of new electronics, has improved the temporal resolution from about 550 ps to 
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about 220 ps (Fig.10.8.11 10.8.12), leading to a decrease in noise by no longer including low 
activities and therefore an increase in image quality. 
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Fig.10.8.11: Reduction of position uncertainty by changing detectors (Siemens 2018) 
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Fig.10.8.12: Increase in quality (signal-to-noise ratio) by changing detectors (Siemens 2018) 


Ultimately, applying time-of-flight optimisation results in an increase in the signal-to-noise 
ratio. This improvement can be seen as an increase in the number of counts (signal) for the 
same noise level, or in other words, a TOF image is equivalent to a conventional image 
obtained with a much higher number of counts, or, that TOF reconstruction acts as adding 
"virtual counts" by amplifying the sensitivity (Conti 2011). 


10.9: Corrections 


10.9.1: Coincidences 

Photon detections in PET are classified into two main groups. One consists of those photons 
that do not generate a coincidence. These are called "singles". These detections are arguably 
the most frequent and therefore reduce, by the processing time required for their rejection, 
the willingness to obtain matches that form the second group. Since annihilation reactions 
occur inside the patient's body, different possibilities are possible. The matches are classified 
into 3 types”° (Fig.10.9.1): 

-True ("trues" or "prompts") which are those that give valid information for image formation. 
-Accidental or random ("randoms") which occur when 2 photons from 2 different annihilations 
are detected. 

-Scattered when one or both photons have been scattered by the Compton Effect inside the 
patient. 


“© Some texts also speak of multiple hits when detectors that are outside the respective fields of view 
are activated simultaneously. These are automatically rejected. 
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Fig.10.9.1: Schematic of the types of matches (Marti-Climent 2014) 


To select true matches from the mixture (avalanche) of detections, 2 techniques are used. 
One, basic, is the selection by energy. Photons that have undergone a Compton effect have 
necessarily decreased their energy in the interaction and this decrease is a function of the 
scattering angle. An energy window is used to exclude those photons that have undergone 
strong scattering. By reducing the width, it is possible to accept, in this first phase, the photons 
that are somewhat deflected. However, if the window is reduced, the number of photons is 
greatly reduced, so we work with somewhat wide windows, varying according to the model 
(435-585 keV, 450-613 keV,...) and a subsequent correction is made. 

The second technique is characteristic of PET, where photons coming directly from annihilation 
are considered to be detected after a certain time, which is fixed by the width of a time 
window. When a detector receives a photon of the "admitted" energy, a time windowt opens 
automatically in the detectors arranged in a fan in front of it. If a photon is detected in one of 
the opposing detectors within this time windowt , it may be a valid photon, thus rejecting any 
straggling photon that cannot possibly come from the same annihilation’” . Due to the time 
resolution of the detector (basically the crystal), the theoretical width of 2 ns is widened to 
take into account the de-excitation in the crystal, hence 12 ns is used with BGO crystals and 3- 
5 ns with LSO. The fan-width electronically delimits the Useful field of View (UFOV) and if from 
a detection no "possible" detection is detected within the UFOV, the time windows are 
cancelled (the coincidence circuit is "reset") (Fig.10.9.2). 


“’ The difference in detection times for 2 photons emitted at one end of the usual 60 cm field 
of view is 2 ns. 
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Fig.10.9.2: Definition of the useful field of view (Cherry 2012) 


Despite this first "filter", a mixture ("prompts") of true and random matches is accepted and 
must be "separated". For this purpose, there are basically 2 techniques to eliminate the 
random matches or coincidences in order to obtain an estimate of the "trues". 

One of the techniques is based on considering that the probability of occurrence of 
coincidence from different annihilations is related to the probability of detection of singles in 
each detector (A and B). This joint probability is given by the product of the singles rates (R) by 
the width of the window 7 and by the factor 2 to take into account that the same LOR can be 
generated from A to B or from B to A, so it is the sum of the two probabilities. 


Rap = Ra4p+Repsqg =T*'Rq* Rp t+t-Rp- Rg =2-7-Ryg* Re 


The correction consists of directly subtracting this value from the number of "raw" LORs 
between detectors A and B in the sinogram. 

The other technique is based on the assumption that two photons that do not come from the 
same annihilation are delayed with respect to each other and can be detected by means of a 
delayed time window. According to figure 10.9.3, detector A detects one set of photons 
(singles A) and detector B another set (singles B). Between these two series there are 3 
coincidences (marked with a box). Then the series that had been detected (delayed B) is 
electronically delayed and the coincidences between this delayed series and the original series 
of detector A (singles A) are searched for. It turns out that there are two coincidences that are 
considered random because two coincide with two delayed ones. The result will be that two 
matches must be subtracted from those obtained with the first window, i.e. correcting the 
original value of the LOR between A and B. 
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Fig.10.9.3: Delayed window correction scheme (Gispert 2017). 


Whatever the method of randoms correction, its effect is a significant noise reduction as 
shown in figure 10.9.4. 


Fig.10.9.4: Effect of random coincidences correction 


10.9.2: Dead time 

The entire detection process, in each of its stages: the production of the scintillation, the 
assignment of coordinates, the verification of the coincidences,... involves a time during which, 
depending on the activity being measured, the equipment misses detections because it is not 
fast enough to detect them all. This time is called dead time. The consequence is saturation 
and the consequent loss of counts. 

The number of detected counts decreases compared to what it should be if dead time were 
zero (ideal case). There are two basic models of activity behaviour: the paralizable and the non 
paralizable model as shown in Figure 10.9.5. 
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Many devices show a mixture of the two behaviours, so one way of correcting this is to acquire 
experimentally (in the factory) the curve of their behaviour when varying the activity. This 
curve can be global or it can be for each pair of detectors. From these curves, the appropriate 
correction factors are obtained to make it behave as "ideally" as possible. 


10.10: Factors Affecting Spatial Resolution 


The factors involved in the spatial resolution of a PET image can be classified into two groups. 
One, of physical origin that encompasses positron scatter and co-linearity and which are not 
correctable, and another group that depends on the whole image formation process from the 
crystals to the tomographic reconstruction and which are susceptible to corrections. 


10.10.1: Positron range 

As discussed above in the section on positron annihilation, positrons travel a certain distance 
to annihilation. This distance is the range and depends on the medium (electron density) and 
the positron energy (Fig.10.10.1). 
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Fig.10.10.1: Mean range (RMS) of positrons in water (Cherry 2012) 
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The direction of emission is random and so is the distance from the point of emission, resulting 


in a smearing that can be considered to be described by a distribution whose FWHM depends 
on the positron peak energy (table 10.10.1). 


Isotope Maximum energy (MeV) fwhm (mm) 
18 
F 


0.64 0.54 
ae 0.96 0.92 
BN 1.22 1.49 
® 1.72 2.48 
Ga 1.90 2.83 
Rb 3.35 6.14 


Table 10.10.1: FWHM as a function of e* energy (Mosses 2011) 


This distribution is parameterised by a FWHM and a FWTM as shown in figure 10.10.2. These 


probability distributions are the PSFs (Point Spread Function) of a point source that would be 
obtained with ideal (non-interfering) equipment. 


l — PF Erm =064 MeV) 
P ai —— 0 (Een .73 MeV) 
= 06 | 
- A a eas 
‘ O14 
| \ 
0.2 / \ 
- 3 
+ « w«@ -4 6 i 2 3 ; 


Distance (mm) 
Fig.10.10.2: "PSF" or probability distribution of the positron range (Lecomte 2009) 


10.10.2: Non-collinearity 


The annihilation reaction only generates two perfectly aligned 511 keV photons if the positron 
and electron were at rest. If this does not happen, one photon has a slightly deviated direction 
with respect to the other that varies randomly with an average angle + 0.25° . This is the non- 
collinearity effect that introduces an uncertainty in the line response with respect to the 
theoretical LOR. This effect depends on the distance between annihilation and detection as 
shown in figure 10.10.3. This distribution of LORs produces a smearing that follows a Gaussian 


distribution (because of the large number of annihilations occurring with deviations between 
0° and + 0.25° ) whose FWHM is given in mm by 


FWHMyo—col = tg(0,25°) -R = 0,0044-R 


where R is the radius of the tomograph (in cm) (Lecomte 2009). 
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Fig.10.10.3: Schematic of the consequence of non-collinearity with the radius of the 
tomograph. The LORs "oscillate" between the two extremes (based on Hutton-1 ). 


The dependence of the spatial resolution on the tomograph is manifested in several aspects, 
due to the characteristics of the detectors and their circular arrangement. 


10.10.3: Size of the crystals 

In tomographs with discrete crystals, their width is usually the dominant factor. This intrinsic 
resolution depends on the distance between the emitting source and the surface of the 
detector crystal as shown in figure 10.10.4. The activity detected by the coincident crystals 
varies linearly from the edge of the crystal to the centre and then decreases in the same way. 
The closer the source is to one of the detectors, the earlier the detectors will detect radiation, 
the earlier the radiation will be detected, so that the count profile will be a trapezoid until, if 
the source-detector distance is almost 0, the profile will be a rectangle with a width equal to 
that of the crystal. The FWHM varies so that in the centre it is d/2 where d is the width of the 
detector” and at the end it is almost d. It follows that the smaller the crystals, the higher the 
resolution. This implies looking for crystals that are dense enough to be able to "stop" the 511 
keV photons in the smallest possible space. 


“8 It is obtained by considering that the number of LORs is equivalent to the area and that the tg of the 
angle a subtended between the source at the centre of the crystal and an edge of the crystal at distance 


Ristg a = (5)/R =((FWHM/2))/(R/2)-» FWHM = d/2 
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Fig.10.10.4: Variation of resolution with distance in a CT scanner (Cherry 2012) 


The variation of the FWHM with distance is much smaller than for a gamma camera with 
collimator. Thus, from the centre of the field to the crystals there is a variation of a factor of 2 
whereas for a gamma camera, depending on the collimator, there can be a factor between 4 
and 6 for an equivalent distance (= 20 cm). 

Figures 10.10.5 present the contribution of each physical or fundamental effect in the 
formation of the PSF for “°F and *°O. Note the differences of FWHM and FWTM due to energy 


increase, tomograph diameter and crystal size. 
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Fig.10.10.5: a-Contributions to the PSF for ‘°F (from Dahlbom 2017). 


213 


0008 


Puitron range 


uO 
Detectorste 4mm 
System diam: 80cm 


Nox ollireea rity 


Detector ates 


Probabi ty 


-6 -4 ~2 0 2 4 6 
Fluctuation (mm) 


Fig.10.10.5: b-Contributions to the PSF for’? O (from Dahlbom 2017). 


10.10.4: Circular arrangement of detectors 

The placement of the detectors along a circumference causes the spatial resolution to vary as a 
radioactive source moves along a radius. If the source is near the centre of the field, the 
incidence of the 511 keV photons will be nearly perpendicular to the face of the crystal and the 
photon will travel through the entire crystal until it is absorbed. 

If the source is laterally displaced, photons emitted at a large angle with respect to the 
diameter cannot be detected by the crystal through which they enter, but will not be absorbed 
until they cross 2 or 3 successive crystals. Since the detector that registers the maximum 
scintillation is the last one, coordinates that do not correspond to it will be assigned as the end 
of the LOR, since the correct coordinates would be those of the crystal through which it 
entered (Fig.10.10.6). This effect is called "Depth of interaction" (DOI). 


Fig.10.10.6: Effect of depth of interaction -DOI (Siemens) 


The co-ordinate assignment is done, in most devices, by looking for the centre of mass of the 
light produced. If this is asymmetrical, the maximum intensity and the centre do not coincide, 
generating an incorrect LOR (fig.10.10.7). 
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Fig.10.10.7: Asymmetric light production due to photon penetration tilts (Siemens) 


The result is a deterioration of the radial resolution with respect to the tangential resolution 
(Fig.10.10.8). 
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Fig.10.10.8: Schematic of loss of resolution (Moses 2011) and image of an asymmetrical PSF 
(Hutton-2) 


The uncertainty of the LORs due to the (DOI) is given by the following expression when 
considered as a Gaussian for simplification purposes (Mosses 2011) 


Ler 
Vr2 + R2 


where r is the displacement of the point source with respect to the centre of the tomograph, R 
is the radius of the detector ring and L is the average depth of penetration of the photons in 
the crystals, which is normally considered to be 12.5 mm for both BGO and LSO. This effect is 
known as parallax error due to the DOI. Figure 10.10.9 allows a comparison of how the three 
resolutions (axial, radial and tangential) vary with the displacement with respect to the centre 
of the field. 


FWHMpo; i 


215 


J | —#— Radial FWHM ae 
104 | --@- Tangential FWHM 
4 &--- Axial FWHM 
E 9- | —c~ Radial FWTM 
- we --O-- Tangential FWTM 
a Ss 
Ao} | Lo 4 Axial FWTM 
4 71 
g 4 pe 
4 a 
mam 64 a— 
nm I aor” 
J Aa-&4 — a“ 
4 o - 
bop use ee 
4 = 
34 ae --f 
> gt ; : : 
0 20 40 60 80 100 


Radial Offset (mm) 


Fig.10.10.9: Variation with displacement from the centre for an animal experimental PET 
(Dahlbom 2017) 


There are different techniques to correct this asymmetry by measuring the interaction depth. 
For this purpose, detectors composed of different layered scintillation crystals and also sensors 
arranged along the axis of the crystals have been used experimentally (Ito 2011). In some 
commercial devices, PSFs are experimentally obtained at the factory in a large number of 
positions. These recorded PSFs are used in tomographic reconstruction to compensate for the 
loss of resolution with distance to the centre and, in doing so, to uniform the partial volume 
effect over the entire field (Fig.10.10.10). 
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Fig.10.10.10: Effect of parallax error corrections (GE,Siemens) 


10.10.5: Light detection. Block effect 

This is the uncertainty associated with the calculation of the scintillation position in equipment 
where different detectors share the detection of light generated by multiple crystals. This 
results in the inability to correctly identify each crystal, inducing indeterminacy. Depending on 
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each manufacturer's own technology, for BGO crystals, it ranges from 0.7 to 1.2 mm. 
According to Mosses (2011) it is reasonable to quantify it as a Gaussian of FWHM= d/3 where d 
is the width of each crystal. 


10.10.6: Sampling 

The formation of response lines due to the circular arrangement of the detectors is not 
uniform throughout the field. There are areas where they are tighter than in other areas. 
Figure 10.10.11 shows an example for a 24-crystal tomograph. It should be noted that a large 
number of LORs pass in the centre and that the density is not so high in their vicinity. 


Fig.10.10.11: Distribution of all the response lines among 24 crystals (Moses 2011). 


Insufficient sampling causes distortions in the reconstructed images because not all the 
information of the object, in this case the distribution of the radiotracer, can be recovered (See 
chapter 14). Theoretically, 6 samples should be obtained for each scintillation crystal in order 
not to lose information, which is not feasible’? . However, it has been found that 2 samples are 
sufficient to recover a useful signal/information in PET. To keep the sampling rate 
approximately constant and thus decrease the uncertainty of LORs, virtual crystals are 
currently created between 2 physical crystals. It is customary to consider that this 
undersampling multiplies the spatial resolution of the tomograph by 1.25 times. 


10.10.7 Tomographic reconstruction 

Reconstruction by either filtered back projection or iterative methods involves smoothing 
which is also considered to be a factor of 1.25 times the theoretical resolution (see chapters 17 
and 18). 

The final resolution, although some contributions are not Gaussian, for simplicity is obtained 
by composition of the squares of the components giving the expression 


2 


d 12,5 r)2 
(5) + s2 + (0,0044R)2 + b?2 + ( ) 


FWHM = 1,25 —>— 
r2 + R2 


[mm] 


where d is the width of the crystal, s the positron range, b the uncertainty associated with the 
coordinate calculation, r the displacement with respect to the centre and R the radius of the 
tomograph. The factor 1.25 comes from the tomographic reconstruction (Mosses 2011). 

The following diagram summarises the factors involved in the final resolution (Fig.10.10.12). 


a By applying the conditions of Shannon's sampling theorem (explained in chapter 14). 
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Fig.10.10.12: Schematic of the factors involved in the spatial resolution of a tomograph (Moses 
2011) 


State-of-the-art clinical equipment using solid-state detectors (SIPM or DPC) with 3.2 x 3.2 mm 
crystals achieves a transverse resolution of 3.6 mm. This has an impact on both the ability to 
discern smaller clusters and to reduce the partial volume effect (see 18.6). 


10.11: NECR® - "Noise equivalent count rate". 


Sensitivity as the ratio between the count rate of true coincidences and the activity of the 
radioactive source does not have a direct link to image quality. The NEC (noise equivalent 
count rate) parameter was introduced by Stroher et al. in 1990 to formally have a link between 
the signal-to-noise ratio of a reconstructed image (which is a standard measure of its quality) 
and the true coincidence (T), random (R) and scatter (S) rates that are detected” . 


2 


NECR = ——— 
Pes oR 


This expression, assuming that the coincidences follow Poisson distributions, relates directly to 
the signal-to-noise ratio (SNR) in the following way 


signal? [? 


SNR2 = o ———__— 
o2 T+S+R 


= NECR 


since by assuming Poisson counts, the noise of a measurement, which is its uncertainty o , is 
the square root of the measurement value 


o* =of +oé+of =T+S+R 


The proportionality between NECR and SNR’, is a way of expressing that there is a linear 


°° It is often written simply NEC. 
°" The original expression was derived and validated for a 20 cm diameter cylindrical dummy with 
filtered back projection reconstruction. 
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relationship between them. This relationship is only correct if the algorithm used in the 
reconstruction is linear (e.g. filtered back projection) as shown in figure 10.11.1. 
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Fig.10.11.1: Relationship between NECR and SNR with linear reconstruction (Chang 
2012) 


When using OSEM in 3D this linear relationship is lost (Fig.10.11.2). 
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Fig.10.11.2: Non-linear relationship between NECR and SNR° in 2 tomographs (Chang 
2012). 


NECR can be interpreted as the count rate of a Poisson distribution (which would be an ideal T 
without having to obtain it by correction) that would give the same level of noise as the 
experimental data, i.e. contaminated with R and S (Fahey 2008). 

The main quality of the NECR parameter is that it measures the counts useful to form an image 
after applying "perfect" corrections (Zaidi 2000). From it, it is clear, for example, how the count 
characteristics vary between a tomograph working in 2D and 3D (Fig.10.11.3). 
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Fig.10.11.3: NECR curves for the same tomograph working in 2D (with septa) and 3D (without 
septa) (Zaidi 2000). 


From this curve it is easy to deduce that with 3D you get better quality with much less activity. 
From the original definition, a slight variation has been introduced to take into account the 
correction for random coincidences (R), taking the following form 


2 


NECR = ————_ 
T+S+kR 


where k is a factor of 1 if the correction is made from the singles and 2 if it is made 
using the shifted time window. Figure 10.11.4 shows the relationship between counts 
and NECR. It can be seen that the best signal-to-noise ratio given by NECR is around 4u 
Ci/cc. 
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Fig.10.11.4: Activity-dependent rate curves and NECR (Cherry 2012) 


The NECR has become a parameter for equipment acceptance and performance comparison 
between PET scanners used by NEMA and IEC/IEC standards by setting the exact dimensions, 
shape and placement of the phantom. Figure 10.11.5 compares the response of the same 
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tomograph under two versions of the NEMA standards. The fundamental change between 
them is the dimensioning of the phantom to incorporate the effect of out-of-field radiation. 
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Fig.10.11.5: Variation of the NECR curve according to version of the standards (Eber! ) 
10.12: Scatter fraction (SF) 


Compton scattered photons directly affect the quality of the images by decreasing the contrast 
between lesion and background by altering the concentration obtained from the 
reconstruction. 

Photon scattering depends not only on the distribution of the radioactivity (patient) but also 
on the detector equipment due to its geometry, the existence or not of septa and the energy 
windows used. 

A way to characterise the importance of the scatter with respect to the total number of counts 
acquired (having removed random coincidences) is called Scatter fraction SF and is given by 


S 
SF= Tas 
The SF is another parameter to quantify how the measurement method (equipment + settings) 
interferes with the quality of the images. Given the dependence on the radioactivity 
distribution, its estimation requires the use of standardised phantoms such as those set by the 
NEMA standards. In addition to defining the physical phantoms, these standards also define 
the measurement procedure. Only in this way is it possible to have a value that characterises 
each piece of equipment. Together with the NECR it serves to characterise the performance of 
tomographs. 
Figure 10.12.1 shows the effect of scattering on the count profile of an image of a cylindrical 
phantom with activity in the centre of which is a small cylinder with only water (cold lesion). It 
can be seen how the counts in the "hot" area invade the cold area due to Compton scattering. 
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Fig.10.12.1: Effect of dispersion on activity quantification (derived from Paans 1989). 


The scatter fraction depends on the amount of matter in the emitting source. The more 
matter, the more electrons that are likely to interfere with the photon path. Figure 10.12.2 
shows how this fraction varies as a function of the diameter of a cylindrical phantom, which is 
an indirect measure of the mass of water traversed. 
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Fig.10.12.2: Variation of the CS as a function of source diameter (Konic 2010) 
On the other hand, the SF is almost independent of the energy (which is logical since we are 


dealing with photons - always originally 511 keV - and not with positrons) as can be seen in 
figure 10.11.3. 
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Fig.10.12.3: SF for two radionuclides as a function of activity (Caribé 2007). 
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Patient interaction with radiation 


The radiation emitted by radiopharmaceuticals interacts with the patient's tissues until it 
reaches the outside, where it is detected. This interaction modifies the original energy and 
direction of the radiation. This results in a distribution of photons arriving at the detector with 
energies equal to or lowers than those emitted and with altered directions. One of the 
consequences is that the activity detected in a given direction is lower than that emitted. To 
correct for this attenuation of the radiation beam, X-ray tomography (CT) has traditionally 
been used, although recently nuclear magnetic resonance (MRI) has also been employed. Both 
modalities also provide the anatomical information for the "exact" localisation of lesions that 
"pure" nuclear medicine equipment lacks. 


11: Passage of photons from the patient to the detector 


From the moment they are emitted into the patient's body until they are detected, photons 
can undergo two types of interaction, Compton scattering and photoelectric absorption, 
depending on the energy and the type of material they pass through. The former occurs 
primarily in the soft tissues of the patient's body while the photoelectric effect occurs in both 
bone and collimators (see chapter 7). 


11.1: Consequences of Compton Scattering 


Photons from the radiopharmaceutical passing through the patient's body can interact with 
the patient's electrons by two mechanisms: Compton effect and to a lesser extent 
photoelectric effect (Fig.11.1.1) depending on their energy. Thus, for energies above 100 keV 
the Compton Effect predominates (97.4 % for 140 keV) but for lower energies the 
photoelectric effect starts to intervene. 
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Fig.11.1.1: Relative contributions of interactions in a soft tissue equivalent medium (derived 
from Segré 1972). 


In the case of bone tissue, the photoelectric effect is more important since the probability of 


interaction by this mechanism increases with the cube of the effective atomic number of the 
tissue. Figure 11.1.2 makes explicit the two mechanisms cited in cortical bone and in muscle 
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(soft tissue) (the attenuation coefficient is a way of expressing the probability of interaction of 
radiation with matter). 
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Fig.11.1.2: Attenuation coefficients in cortical bone and muscle (Lee 2106) 


In bone, the photoelectric effect starts to be felt about 60 keV earlier than in muscle and only 
exceeds the Compton effect for energies below the Nuclear Medicine range of interest. 
The Compton effect (see Annex A2 for details) consists of the scattering of a photon by an 
outer electron of an atom (Fig.11.1.3) which results in a change of energy and direction. 


e Recoil electron 
Fig.11.1.3: Schematic of the Compton Effect 


The energy of the deflected photon (E') depends on the initial energy and the angle (a ) of the 
deflection with respect to the initial trajectory, which is probabilistic (because it is a quantum 
phenomenon) and depends on the initial energy of the photon. The probability distribution per 
angle is given by the Klein-Nishina expression shown graphically in figure 11.1.4 for four 
energies: 80, 140, 360 and 511 keV. These graphs indicate how the probability (ordinates) 
varies as a function of the deflection angle. It can be seen that as the energy increases, the 
probability of "going forward" increases, i.e. the lobe becomes narrower in the initial direction. 
This also indicates that at higher energy the spatial information is less distorted as the photons 
with which an image can be constructed are less deviated from the original direction. It can be 
said that "at source" the PET photons have a more precise direction than those of ”Tc. 
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360 keV 511 keV 


Fig.11.1.4: Probability distribution (cross sections) for photons of 80, 140, 360 and 511 keV. 
(The arrows indicate the directions of the photon (red) and electron (blue) scattered for the 
same scattering angle) (from Blinder 2019). 


From these curves, which depend on the energy of the initial photon, we obtain the variations 
of the relative probability as a function of the scattering angle (Fig.11.1.5). 
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Fig.11.1.5: Relative deflection probability for each angle according to incident photon energy 
(derived from Babiano 2019) 


Particularly for an incident photon energy of 140 keV (~ 150 keV), the above graph shows that 
the most probable angle is about 40° . This indicates that the photons passing through a 
collimator can come from "primary" photons with a direction very different from the "allowed" 
one, which is necessary to form an image correctly (Fig.11.1.6). 
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collimator 


Fig.11.1.6: Acceptance of deflected photons and generated image 


The photons that are detected generate, as a consequence, a distorted image that does not 
correspond to the source that originated them. On the other hand, the deviations can come 
from other nearby sources and thus contribute to the activity of the image of a nearby area as 
shown in Figure 11.1.7. 


Fig.11.1.7: Overlapping of activities from several sources due to the Compton Effect 


If we look at the curves derived from the Klein-Nishina formula, we see that there is a 
possibility that the scattered photon is scattered at an angle greater than 90°, i.e. that there is 
backscattering (Fig.11.1.8). The consequence of this is that photons can be counted that 
should not be counted because they have an initial direction opposite to that of the detector 
and therefore alter the counts that are detected. 


-_ 


Fig.11.1.8: Backscattering by Compton Effect 
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Numerical example: using the classical expression for the Compton effect (see Annex A2), the 
energy of the scattered photons is calculated. Below are some of these values considering for 
simplicity the same deflection angle (a = 40° ). E is the initial energy, E' the energy after a first 
scattering and E"' after a second scattering also at 40°. 


E[keV] E'[keV] ET keV] 
OT 80 77 75 
SUG os 140 132 124 
134 360 309 271 
PET 511 409 341 


Table 11.1.1: Energy after one (E') and two collisions (E"') with emission at 40c. 


If an angle greater than 90° is considered, e.g.a = 135° the energy values are given by the 
following table which could be detected if emitted "backwards" as outlined in figure 11.1.8 
above. 


E[keV] E'[keV] 
Tl 80 62 
sali ts 140 93 
aa | 360 158 
PET 511 181 


Table 11.1.2: Energy of a backscattered photon (135°) 
11.2: Energy windows and collimation in gamma cameras 


Since any deviation usually results in a decrease of the energy of the scattered photon with 
respect to the incident photon, a direct way to select the "tolerable" or "admissible" photons is 
by means of a filter that only allows photons to be processed whose energy is within a preset 
range (a selector-discriminator). This filter is called an energy window. 

The energy windows are usually centred on the maximum of the photopeak with a width or 
range depending on the radioisotope but usually 10% (+ 5%), or 20% (+ 10%). The wider the 
window, the more counts will be acquired but of geometrically "worse quality". It should be 
noted that, depending on the scan in question, the "quantity" can be prioritised over the 
"quality" of the photons that will form the image. Both the centre and the width of the 
windows can be modified but it is advisable, for traceability reasons, to keep these parameters 
constant. 

Assuming windows centred on the photopeak, the following table shows the maximum angle 
(a ) that photons can have with respect to the perpendicular of a collimator for two window 
widths. 


E[keV] 10% 20% 
eal 80 +48,4° +73,1° 
sella Fs 140 +36,1° +53,5° 

| 360 +22,3° +32,6° 


Table 11.2.1: Maximum "acceptable" angles by window width 
These possible useful photons will in turn be filtered out by the collimator as they are 


absorbed in the septa. The acceptance angle (f ) of parallel-hole collimators is given by the 
ratio of their diameter (D) to their length (L). 
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as can be seen in Figure 11.2.1. 


Fig.11.2.1: Collimator schematic and maximum acceptance angle. 


From data in table 7.2.2 of the collimator characteristics it is found that the maximum aperture 
angles (B ) for different collimators are small compared to the deviations due to the Compton 
effect (Table 11.2.2). 


L[mm] D[mm] Bl? ] 

LEHR 46 2,032 2,53 

LEUHR 47 1,778 2,17 
LEHS 47 2,870 3,49 

HEGP 65 4,0 3,52 
LEGP 43 2,5 3,33 


Table 11.2.2: Maximum acceptance angles of collimators 


Continuing with the numerical example, one can look for the lower limit of the energy window 
that would correspond to the values of B. This could lead one to think about adjusting the 
width of the window to the collimator characteristics (Table 11.2.3). 


80 [keV] 140 [keV] 360[keV] 
LEHR 79,98 139,96 359,75 
LEUHR 79,99 139,97 359,31 
LEHS 79,97 139,92 359,53 
HEGP 79,97 139,92 359,52 
LEGP 79,97 139,93 359,57 


Table 11.2.3: Window widths fitted to collimators 


As is evident from these results, it is impossible to adjust the energy window to select the 
direction of the photons. To be feasible, the energy resolution of gamma cameras would have 
to be about 100 times better than that of current cameras, which is in the order of 10% with 
Nal(Tl) glass and 6% with solid-state detectors (GE Healthcare). 

It follows from the above that photons passing through the collimator do so very close to the 
perpendicular of the collimator with an energy that can cause them to come from very 
different points away from the collimator. 

In short, scattered radiation increases the activity assigned to an area by photons coming from 
another area and reduces the difference between hot and cold areas by making some lesions 
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"less cold", which is particularly important in cardiology and for quantification purposes. 
Dispersion correction is therefore necessary. 


11.3 Dependence on the amount of matter traversed 


The number of interactions that the emitted beams undergo depends on the amount of matter 
that the radiation must pass through before it is detected. This dependence is due to the larger 
number of electrons with which it can interact, which increases the probability of interaction 
and is obviously a function of the thickness. Figure 11.3.1 shows how the profile of a linear 
radioactive source (LSF) varies from being in air (0 cm) to having a certain thickness of water 
interposed, which would simulate the soft tissue that can surround a radiation emitting organ. 


Fig.11.3.1: Variation of the LSF shape as a function of the amount of intervening water. 


Observe how as the thickness of the water increases, counts appear in positions outside the 
original image of the line (0 cm) due to the acceptance of pulses from the opening of the 
energy window and which come from photons that have undergone the Compton effect. 
Figure 11.3.2 presents the scheme of this process, showing that as the amount of material 
increases, the accepted photons are at a greater distance from the vertical and that, at the 
same time, their number is decreasing because there are few photons that still have sufficient 
energy to be detected. 
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Fig.11.3.2: Schematic of the effect of dispersion by a material medium 
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These "wings" with respect to the LSF in air show a decrease with respect to the vertical. It is 
described. a first approximation, by the law of attenuation and therefore follows an 
exponential law. 

The greater the thickness, the greater the dispersion, which causes a blurring of the contours, 
a phenomenon observed in the clinic among thin and overweight patients, especially in scans 
that require good spatial resolution such as bone scans. 


11.4: Simple Compton scattering corrections 


11.4.1: Energy window 

The basic method to mitigate Compton scattering is, as described above, the use of an energy 
window or spectrometric window. Figure 11.4.1 shows the use of three windows centred on 
the 140 keV of *"Tc with three different amplitudes as well as the maximum allowed 
scattering angle. 


A 20%: 126 —- 154 keV A 15%: 129 - 151 keV A 10%: 133 — 147 keV 


<o=54 ° <a=47° o=36 ° 


Fig.11.4.1: Energy intervals corresponding to three windows centred at 140 keV. 


The reduction of the window width causes a decrease in the number of counts and a slight 
improvement in the sharpness of the images as can be seen in figure 11.4.2 which shows the 
image of a bar phantom acquired with the same 3 windows and all for 300 seconds. 


window 


Fig.11.4.2: Image of a 300s bar phantom and three windows of different widths. 
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11.4.2: Dual Energy Window (DEW) Method” 

It consists of estimating the proportion of counts inside the photopeak that come from 
Compton interactions as shown in figure 11.4.3. The superposition of the spectrum in which 
there would be no scattering (primary spectrum) is observed together with the energy 
spectrum of the Compton scattering in the observed object (patient), which is what is 
detected. The importance of the Compton part "inside" the photopeak depends on the energy 
resolution of the detector. Currently, gamma cameras with Nal(TI) crystals have an energy 
resolution in the order of 10% and gamma cameras with solid state CZT detectors have an 


energy resolution of 6%. This means that Compton photons cannot yet be directly 
discriminated due to the low energy resolution” . 
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Fig.11.4.3: Decomposition of the spectrum of Tc into its components in a detector with 13% 
energy resolution and in a 3.4% CZT detector™ . (From Cherry 2012) 


In this method, the contribution of the Compton spectrum in the photopeak is considered 
proportional to the number of counts obtained in a window below the photopeak window. 
With this assumption, it is assumed, without saying so, that the image obtained in the 
"Compton" window is identical to that obtained in the photopeak window, except for a 
proportional factor (k). This assumption is incorrect since, as seen above, the energy of the 
scattered photons depends on the angle at which they are emitted. This means that the 
photons recorded in the "Compton" window have undergone a greater change of trajectory 
than the "Compton" photons that have been detected in the photopeak (Fig.11.4.4) . 


= Proposed by Jasczack et al. in 1984. 


°° There is also a Compton effect in the scintillation crystal and in the collimator. For a LEGP collimator 
and Tc the collimator contribution to the PSF is 2% (Dahlbon 2017). 


* The energy resolutions of gamma cameras are lower than single detectors because they are 
considered global for the whole UFOV and not individual. 
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Fig.11.4.4: Schematic of the DEW method (from Cherry 2012) 
Figure 11.4.5 shows a real spectrum with the two windows used in this method. Note that the 
correction is made for each element in the image, so it is assumed that the energy spectrum 


that would be obtained with a cell-sized detector is the same as for the whole gamma camera 


field. 


seeeeeee wae A: 126-154 keV 


Fig.11.4.5: Windows used in the DEW method 


From the images obtained in each energy window (A and B), a third image is obtained by 
subtracting a fraction (k) of the image obtained in the Compton window (B) from the image 


corresponding to the photopeak (A) according to the expression 


CUj) =AG J) —k- BUS) 
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where (i,j) are the coordinates of each image element ("cells or pixels"). By considering one 
proportionality factor, an over-correction occurs by eliminating too many poorly or not at all 
scattered photons because a constant factor is applied over the whole photopeak window that 
does not take into account the decreasing profile of the Compton photons. This results in 
sharper images (Fig.11.4.6) but is not valid, strictly speaking, for quantifications. Nevertheless, 
it is a widespread method because it is easy to implement and gives good "visualisation" 
results for °°"Tc with an empirical factor k=0.5. 


ZOMPLON 
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A B Cc 
Fig.11.4.6: Acquired images (A and B) and calculated according to DEW (C). 


11.4.3: Triple Window Method (TEW)*” 

This method can be considered a refinement or extension of the DEW method by using a 
system to correct the Compton counts of the photopeak that is adapted to each spectrum 
instead of being a fixed value. This is done by obtaining a correction value derived from two 
windows located at both ends of the photopeak (Fig.11.4.7) and corresponding to the area of a 
trapezoid of width equal to the width of the photopeak window and the centres of the side 
windows at the ends. 


Fig.11.4.7: Schematic of the triple window method (TEW) (from Cherry 2012) 


The number of counts that are subtracted are those corresponding to the area of the 
trapezoid that "tries" to follow the Compton energy profile. The area of the trapezoid is given 
by 

(N, + N2) 


S=W: 2 


si Proposed by Ichihara et al. 1993 
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where N, and Nj are the values of intersection of the side of the trapezoid with the spectrum. 
Since these theoretical values are not directly obtainable, in practice they are considered to be 
given by the counts in each window N', and N', divided by their common width w, so that the 
correction factor - for each image cell — is 


(N', +N >) 

S(i,j) = W|, :-———_——=- 
Gj) 0 Fw 

and therefore the corrected values will be 


where F(i,j) is the image obtained in the photopeak window. 

Figure 11.4.8 shows the result of applying this correction to a bar phantom. Image A is the one 
obtained in the lower window, B the one obtained in the photopeak, C the one corresponding 
to the upper window, and E the corrected image B. 

This method has the disadvantage of generating noisier images than the original because the 
counts in the side windows are low due to the narrowness of the window and are 
consequently subject to a lot of noise. 


A B C¢ 
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Fig.11.4.8: Images acquired with 3 windows according to TEW and result. 


The double and triple window methods are applied in the correction of scintigraphy. In SPECT 
and PET there are two ways of proceeding. One is the correction of each of the projections 
that make up the study using one of the techniques described (DEW, TEW). The second 
consists of including Compton scattering in the tomographic reconstruction process. These 
algorithms are based on numerically reproducing the whole process of projection formation, 
which includes incorporating a "sub-model" that simulates the Compton effect. The problem is 
complex and there are numerous approaches, all of them requiring great computational 
power, many of them based on the Monte Carlo method and incorporating the Klein-Nishina 
equation (see chapter 18). 
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11.5: Compton scattering correction in PET 


As seen above (and discussed in some detail in Annex A2) the passage of photons through the 
patient leads to changes in their direction and energy due to the Compton effect. 

The most basic method for the correction of this effect is by energy selection, which consists of 
setting a threshold energy (LLD) of about 430-435 keV. This rejects most of the highly scattered 
photons, although deviations of up to about 40° are allowed, which must be corrected later in 
the reconstruction. The upper limit of the window is determined by the energy resolution of 
the detectors in each tomograph, as illustrated in Figure 11.5.1 for two typical crystals, the 
BGO and the LSO. The lower energy resolution of the BGO forces the use of a wider window. 
Note that enlarging the upper part of the window could give a valid overlap of 2 photons, 
which would be ruled out by the time window. 


511 keV PHOTONS 


Counts 


Energy (keV) 
Fig.11.5.1: Schematic of energy spectrum and acceptance window (Slideplayer.com) 


It is interesting to note how the detected energy spectrum corresponds to the probability 
distribution of the 511 keV photon interaction in water. Indeed, the detected energy spectrum 
is interpreted as the convolution of the emission spectrum (energies before being detected) 
with the function characterising the operation of the detector. This characterisation shows 
how the detector transforms the photon energy into electrical pulses (see Annex A6) by 
presenting a shape that is considered Gaussian and is parameterised by its width at half height 
(FWHM) indicating its energy resolution”? (Fig.11.5.2). 


FWHM 


promererrr-- 


£ 
> 
£ 

> 


o w mw wm wm 60 OO CO é, 
Energy of scattered photons (eV) 


Fig.11.5.2: Distribution of photons scattered in water with initial energy 511 keV (Zaidi 2000) 
and detected spectrum (Visser 2001). 


°° The lower the FWHM, the thinner the Gaussian bell and the more the result resembles the original 
photon energy distribution. 
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Figure 11.5.3 shows how the resolution of the detector affects the spectrum over which the 
energy window will be applied and how due to the limited resolution "below" the 511 keV 
photopeak, counts from Compton scattering "sneak in". Note how the proportion of scatter 
within the photopeak is lower at 12% resolution than at 20%. Also visible is the change due to 
the decrease in resolution, so that the upper limit of the window must be widened to avoid 


losing 511 keV photons. 
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Fig.11.5.3: Spectra a: at 12% resolution b: at 20% resolution. Counts from a 20 cm diameter 
phantom (Dahlbon 2017). 


The dependence on the emitting volume (corpulence of the patient) is also evident in the 
spectrum since the scattered radiation increases with the amount of matter it passes through 
(Fig.11.5.4). Compare the number of multiple scatterings with those in figure 11.5.3a. 
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Fig.11.5.4: Spectrum with 12% window and 35 cm phantom (Dahlbom 2017) 


The detected photons from scattering, if they produce a time coincidence, will generate an 
erroneous LOR. This LOR has a deviation so it will not pass through the annihilation point. As a 
result, a background is generated which decreases the contrast and affects the quantification. 


As its distribution depends on the distribution of the tracer in the patient, its correction is 
complex and is approached in different ways. 


11.5.1 Multiple windows 


The measurement of the number of counts in various energy windows is done in an equivalent 
way as in SPECT. There are different tactics such as DEW using 2 windows or TEW using 3 
windows. This gives an estimate of the background which is extrapolated to the 511 keV 
window by subtracting the corresponding LORs. On the one hand, they allow the correction to 
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be made "on line" but, on the other hand, they increase the uncertainty of the number of 
counts due to the sum of the variances of the counts” . 


11.5.2: Reconstruction correction 

Currently (2020) the best performing method is based on iterative reconstruction with 
scattered radiation compensation using Monte Carlo simulation from the CT information and 
successive solutions (Flg.11.5.5). The method, called SSS for "Single Scatter Simulation", is 
based on considering only photons that have had only one interaction. 


e Contribution to LOR AB 
from each scatter point 
(from CT) using activity 
distribution (from PET) 
and Klein—Nishina 


equation 
Uncorrected ey e Repeat for all LORs to 
WHEY, get scatter sinogram 


Corrected 
© Scale scatter (SSS) 


sinogram to emission 
sinogram (data) tails 


Fig.11.5.5: Schematic of a dispersion correction process (Dahlborn 2017) 


Although it does not correspond exactly to reality, it is so far the most accurate and widely 
used, despite the high computational cost. With this and other methods (Dahlborn 2017) it is 
possible to generate the sinogram that will correct the original one, which is implemented 
iteratively until a correct determination of the scattered photons is achieved (Fig.11.5.6). 


7” if n=a-b, On = Gq" + oy? and being radioactive counts following Poisson distributions= Va + b. 
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Experimental Scatter Corrected 
sinogram sinogram sinogram 


Fig.11.5.6: Correction of the sinogram 


It should be noted that since one of the strengths of PET is absolute quantification, it is very 
important that the images from which values are obtained are as close to reality as possible. 
Scatter correction is therefore essential (Fig.11.5.7). 


Fig.11.5.7: Example of a corrected image of the Compton effect (Gispert 2017) 
11.6: Attenuation 
11.6.1 Fundamentals 
The decrease in the number of counts detected, relative to the number of counts emitted, due 
to the interposition of a material medium between the emitting source and the detector is 
called attenuation. The ratio of the two intensities is expressed as 


Ip =Ig+F 


where Ip is the detected intensity, I; the emitted and F the factor that relates them and that 
depends on the thickness of the material traversed, the type of material (both its density and 
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its effective atomic number) and the energy of the photons that make up the radiation. These 
dependencies are expressed by the linear attenuation coefficient (1) as 


= Up + Uc 


in the range of energies used in nuclear medicine being uy the attenuation coefficient due to 
the photoelectric effect and ue the one due to the Compton effect. These coefficients 
represent the probability per unit length that a photon interacts by one of these effects. Since 
a photon either interacts by the photoelectric effect or by the Compton effect, the overall 
probability is the sum of both probabilities. According to this, the number of photons left 
undetected from a beam® (—dI ) is proportional to the intensity (/) times the interaction 
probability at the length dl which is expressed as 


—dIl =I: p-dl 
which gives rise to the law of attenuation 
1(l) = 1(0)-e“ 
where /[(0) the intensity before passing through a thickness / with attenuation coefficient ye 


I(1) the intensity after passing through it (Fig.11.6.1). The dependence on yw for the same 
thickness is clearly shown. 
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Fig.11. 6.1: Attenuation curves for three different attenuation coefficients (Wikibooks.org) 


The following figure (11.6.2) shows how the dependence of attenuation on distance 
(thickness) is verified in real images. It is a cross section of a cylinder with a homogeneous 
mixture of water and ~Tc. The count profile according to a diameter has a maximum at the 
edge and a minimum in the centre following exponential curves according to the attenuation 
law (which have been drawn superimposed on the experimental profile). 


* Itisa beam, so the photons scattered by the Compton effect leave the beam. 


244 


Fig.11.6.2: Attenuation in a homogeneous cylindrical source 


The effects of attenuation on image formation and quantification are very important. They can 
be summarised schematically in that sources of different intensities can be detected as the 
same or that sources of the same intensity can be detected as different (Fig.11.6.3). 


D2 


a A >C 
ee i 


/ Ai i. \ 
| My his \ 
a og - / 


~ 
A 


lL=l. —D,<D, 


| le> Is —+D,=D; 


Fig.11.6.3: Problems due to attenuation (from Bailey 2014 and IAEA 2014) 


In media composed of different materials the law of attenuation applies individually and 
successively to each of the components as shown in figure 11.6.4 since the "output" of one 
medium is the "input" of the next. If we think in terms of probabilities, it is the product of 
probabilities as the photons are attenuated by each medium in turn 
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Simple medium 


Composite medium 
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Fig.11.6.4: The attenuation of a beam by a composite material is the composition of the 
attenuations in each material. 


The product of exponential functions is another exponential function whose exponent is the 
sum of the exponents, as shown in the figure above. Thus, the emitted intensity J, can be 
obtained from the detected intensity J, by the expression 


Iq 
Io SS 
e7 LiHiXi 
so the attenuation coefficients "of" each medium and the distance travelled "in" each of them 
must be known. [; "of" each medium and the distance travelled "in" each medium must be 


known "x;". If not all the u; and x; are known, approximations must be made, which is what 
was done before the appearance of hybrid equipment (see chapter 11). 


11.6.2: SPECT Approximate Correction - Chang's Method 
Chang's method (Chang 1978) of order O is based on considering a single linear attenuation 
coefficient pz so that the above expression is simplified by relying only on the distances x;, 


Iq 
Ip = —_—w 
eH Lixi 
Accordingly, in order to obtain an estimate of the activity emitted from each element inside an 
area of interest (organ) Jg(i,j) its distance to the exterior must be obtained x; in all 
directions (angles of the projections) which is obtained from the contour of the tomographic 
slice (Fig.11.6.5) obtained in some way: manual, automatic, elliptical,... In this way each 
element of the image is corrected using the expression 


Gy) 


Kins 
oi i) N.- eH DY Xi 
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as the average of the attenuation in all directions (N is the number of projections). For this it 
is essential to have obtained previously the pixel size and to have established the attenuation 
coefficient. The pixel size is necessary to convert pixel distances to cm as the units of the linear 
attenuation coefficient are 1/cm. The attenuation coefficient is critical and it is necessary to 
find its value for each radioisotope, collimator and gamma camera. 


Anterior 


i=3 


d 3,.02mm Posterior 


Fig.11.6.5: Rationale for Chang's method of order 0. 


This method is quite correct for relatively homogeneous organs (brain, abdomen) but is not 
applicable to very heterogeneous areas such as the thorax or pelvis. 

The importance of using an appropriate coefficient is shown in figure 11.6.6. It shows that the 
attenuation coefficient set by the manufacturer of the processing computer is not correct for 
the equipment with which a cylindrical homogeneous source SPECT was acquired. This 
indicates that, before applying this method, tests should be made to determine the 
appropriate attenuation coefficient. An over-correction is clearly visible which must be 
compensated for and invalidates the correction. 


Tc-99m 


Chang correction (i: = 0.15¢m"') Chang correction (1 = 0.12. cm"') 


uidefault value set by the jLadjusted to compensate 
manufacturer for overcorrection 


Fig.11.6.6: Effect of a right and wrong attenuation coefficient (derived from Sorenson 1987). 
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The adjustment of the attenuation coefficient can be done in a very simple way. A 
tomographic study of a cylinder with homogeneous activity of the tracer of interest is acquired 
with the same setup that will be used clinically (collimator, energy window). Simply 
reconstruct the study with different coefficients and set as "correct" the one that generates a 
flat profile. For °Tc is taken as 0.15 cm” from a single article 1 (Harris 1984)! 


11.6.3 Direct attenuation correction in PET 

In PET, by using two photons in the same direction but in opposite sense, each photon follows, 
on its own, the law of attenuation. The probability of detecting both photons is the product of 
the probabilities of being detected separately. If one photon passes through a length x inside a 
patient of width T in that direction, the other photon will pass through T-x (Fig.11.6.7). 


Point source 
of activity 


Fig.11.6.7: PET attenuation scheme (Cherry 2012) 
This makes the probability of joint detection 
e -x . e Hx) = e HT 


If the medium through which they pass is considered to have only one attenuation coefficient, 
then it follows that the detected counts depend only on the thickness through which they 
pass, not on the particular point at which the emission has occurred. The attenuation 
correction is in principle straightforward. It is sufficient to obtain for each possible direction of 
the lines of response (LOR) its attenuation coefficient by means of an external source, such as 
a source from “Ge rotating around the patient. In this case, the 512 keV photons produced in 
the source itself are used, since the aim is to compare the intensity before and after passing 
through the patient. For this purpose, a "blank scan" without the patient and a "transmission 
scan" with the patient are obtained (Fig.11.6.8). 
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Transmission Scan 
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Attenuation Correction 


Fig.11.6.8: Derivation of the sinogram with attenuation correction factors (Cherry 
2004) 
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Each LOR of the correction sinogram, whose values are the inverse of the attenuation values, is 
obtained by dividing the LOR of the blank by the value in the transmission. This sinogram is 
applied to the sinogram corresponding to the patient activity (Fig.11.6.9). 


is 


Uncorrected Emission ay — Correction 


Emission Scan x Attenuation Correction 


Corrected Emission Scan 


Fig.11.6.9: Obtaining the attenuation-corrected sinogram (Cherry 2004) 


This PET correction has serious drawbacks as the transmission contains a mixture of photons 
from the patient (if already injected) with those from the emitting source. Sometimes sources 
from *°’Cs have been used, which emits 662 keV photons, but this implies a high energy 
resolution to distinguish them from those accepted by the 511 keV window, which covers up 
to 665 keV. 

Figure 11.6.10 shows transmission images obtained with a radioactive source at different 
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Fig.11.6.10: Transmission images with radioactive source (Karp 2005) 


This method is currently only used for quality control with cylindrical sources. The following 
figure (11.6.11) shows three images obtained with the three correction methods in order to 
appreciate their difference in quality as well as their characteristics. 


249 


high noise lower noise no noise 
15-30 min scan time 5-10 min scan time 1 min scan time 
low bias some bias potential for bias 
low contrast lower contrast aelpmee slr 


Fig.11.6.11: Comparison of transmission images by 3 methods (Karp 2005). 
The need for "correct" attenuation correction has driven the development and 
commercialisation of hybrid SPECT/CT and PET/CT equipment combining nuclear and 
radiological technology. 
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Nuclear Medicine Detectors - multimodal or hybrid 

12: Hybrid equipment: SPECT/CT and PET/CT 

This chapter briefly describes how attenuation correction has been solved by means of 
computed tomography (CT). The joint use of two imaging techniques also allows them to 
complement each other through image fusion. SPECT and PET provide functional (metabolic) 
information and CT its anatomical localisation. 

12.1: Addressing the attenuation problem 

As the radiation passes through the patient's body, it is attenuated as it interacts with the 
patient. This causes the images obtained from the distribution of the tracer to be altered. For 


its correction, it is essential to know the different attenuation coefficients as well as the length 
travelled in each of the tissues traversed, as summarised in figure 12.1.1. 


Ip=l_- Attenuation 


A\ =EXp (-Hi dj) 


Fig.12.1.1: Attenuation in complex media 


The detected intensity |p from an emitted intensity |; in a given direction is given by the 
emitted intensity multiplied by the attenuation along the rectilinear path from emission to 
detection. The overall attenuation is the product of the partial attenuations "A," in each 
segment of the different tissues. These partial attenuations are expressed by the attenuation 
law as exp (-1; dj) where py; is the attenuation coefficient of the tissue segment "i" and d; is the 
distance travelled in it. All this information forms the so-called attenuation coefficient maps 
and there must be one for each cross-sectional slice of each patient. The maps are "images" 
with the content of their pixels being attenuation coefficients p(x,y). The attenuation 
coefficients depend on the energy of the radiation, so these maps must be obtained for the 
energy at which a scan is made. 

To find the emitted intensities |; from the detected intensities Ip , it is therefore necessary to 
know the attenuation map, to obtain from it the attenuation according to each direction (J) 
and thus solve the "equation" and "clear" the unknown 


In@ 


z(t) = —— 
B® Attenuation(l) 


for each direction 1. 
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12.2: Obtaining the map of attenuation coefficients 


The attenuation map is obtained from the same expression as above (/p =/; - Attenuation) using 
some technique that allows to know exactly the emitted and detected intensity. This is called a 
transmission image. In this way, if |p and /; are known, the attenuation in each direction can be 
known. 


In® 
Tz © 


Attenuation(l) = 


By repeating this process for each direction, it is possible to know its components p; by means 
of a tomographic reconstruction process’ and obtain the map u (x,y). 


12.2.1: Transmission imaging using radioactive sources 
The first attenuation-corrected SPECT machines used radioactive sources that were solidly 
attached to the heads. Figure 12.2.1 shows the schematic of different configurations. 
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Fig.12.2.1: Configurations to obtain the attenuation map by radioactive sources (Fraxedas 
2015) 


As can be seen, multiple configurations were designed given the importance of obtaining the 
attenuation map. Figure 12.2.2 shows a system with two linear sources with linear mechanical 
motion to span, line by line, the full width of the linear gamma camera field. These systems 
were retracted for normal use in non-myocardial scans. In fact, it was the great importance of 
attenuation correction in myocardial perfusion scans that drove the design and construction of 
these accessories. Most devices could only be used in cardiac mode (2 heads at right angles). 
The Siemens e-cam Profile cameras are worth mentioning, in which several sources were fixed 
in two outer frames so that each of them "irradiated" one of the heads arranged in cardiac 
mode. 


er Traditionally the filtered back projection method (see. Chapter 18) 
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Fig.12.2.2: Attenuation correction equipment on a DSX camera (Sopha Medical) and on an E- 


cam Profile camera (Siemens) 


Figure 12.2.3 shows an attenuation map obtained using radioactive sources from a chest 


phantom. 


Fig.12.2.3: Attenuation map by radioactive sources (IAEA Human Health Campus) 


This type of attenuation mapping allowed for the correction of cardiac images such as the one 
shown in Figure 12.2.4, which shows how decreased perfusion due to attenuation is 


compensated for in normal myocardium. 
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Fig.12.2.4: Correction by application of attenuation mapping (from IAEA Human Health 
Campus) 


The radioactive sources used were long half-life, single-energy sources adapted to the scans to 
be corrected. The following types of sources were mainly used in SPECT: 


3Gd: Ti. =242 days, E:97, 103 keV 
4m: Tio = 432 years, E=60 keV 
Ba: Ti = 10.5 years, E=356 keV 


Images were obtained with two windows simultaneously, one centred on _ the 
radiopharmaceutical and one on the radionuclide for the transmission image (Fig.12.2.5). 
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Fig.12.2.5: Overlapping spectra in transmission correction 


Despite solving the attenuation in principle, high activity sources could not be used in this 
method, so the statistical uncertainty due to the low number of counts in the maps was high. 
In addition, because the filtered back projection method was used, the correction maps were 
"blurred" because of the "extra" filtering due to statistical noise (Chapter 18). 


The PET scanners used the same “Ge sources incorporated in the equipment that were used 
for their calibration (see chapter 11). 


12.2.3: X-ray transmission images 


The low number of counts in transmission imaging led to the use of an X-ray tube as a 
radiation source. In 1990, Hasegawa presented the prototype of a Rx equipment (solid state 
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emitter and detector) that allowed simultaneous acquisition of both X photons and photons y 
from a patient thanks to an HPGe detector with high energy resolution to separate the two 
types of photons. In this way, a low rotational speed CT and SPECT (Fig.12.2.6) were achieved 
in the same equipment. This detector needed to work at very low temperature (liquid 
nitrogen) and therefore needed to incorporate a mobile cryostat. It was called ETCT. 
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Fig.12.2.6: Schematic and prototype of RX +SPECT (Hasegawa 1990) and (Seo 2008) 


The number of photons generated by a low intensity x-ray machine is much higher than that 
obtained from a y photon source used in nuclear medicine. Figure 12.2.7 shows the spectrum 
of photons emitted by an Rx tube and by a *Tc source. The large difference in the number of 


counts between the two radiation sources and their separation using an HPGe detector can be 
seen. 
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Fig.12.2.7: Energy spectra of Rx and 99mTc (Lang 1992) 


This type of equipment (ETCT), basically designed for cardiology, made it possible to obtain 
images like the one shown in Figure 12.2.8. 
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Fig.12.2.8: Myocardial perfusion image obtained with ETCT equipment (Seo 2008). 


12.2.4: SPECT/CT equipment 

Based on Hasegawa's idea of using a dual modality in a single device, General Electric 
developed the Infinia Hawkeye (Fig.12.2.9) as a low-cost device compared to a conventional 
CT. Since the gamma camera detectors do not have sufficient energy resolution to separate 
the photons of the two modalities, it was decided to use two different detectors (gamma 
camera with Nal(Tl) and ceramic detectors for the CT), which requires sequential acquisitions. 
The first model marketed had an X-ray tube attached to the conventional tomographic stand 
with a fan collimator and on the opposite side a flat detector that allowed a 5mm slice to be 
acquired in each revolution. Due to mechanical reasons, as it had to rotate two heads with 
their collimator, the rotation speed was slow, 23s/turn. 
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y } detector 
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X rays tube 


Fig.12.2.9: Infinia Hawkeye equipment (GE Healthcare) 


The acquisition was done sequentially, i.e., first the study with one modality was obtained 
followed automatically by the study of the other modality. The images allowed correct 
attenuation maps to be obtained despite the low quality of the morphological images, which 
was equivalent to those of a 3rd generation CT (Fig.12.2.10). 

This equipment obtained 128x128 images by tomographic reconstruction using filtered back 
projection with a smoothing filter that could not be modified by the user. 
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Fig.12.2.10: Attenuation images obtained with Hawkeye equipment. 


GE later marketed a model in which the "CT" covered four 5 mm slices (Hawkeye 4). The 
standard rotation speed in the "CT" phase was 14s/turn (Hamann 2008). The images were of 
poor quality compared to today's CT scans . Nevertheless, they allowed the correct 
localisation of lesions detected on SPECT (Fig.12.2.11). 


Fig.12.2.11: SPECT, Hawkeye CT images and their overlay. 


The slowness of the rotation made it necessary to work at low intensity in order not to 
irradiate excessively, so although the radiation dose to the patient was low, the number of 


photons detected was also low, so that the noise of the images was much higher than those 
obtained by CT. 


Fig.12.2.12: SPECT + CT prototype (Townsen 2008) 


“all TCs have always been diagnostics of worse or better quality. Calling the recent ones diagnostics is a 
matter of marketing, in my opinion, very unfortunate. If current CT scans are better than those of the 
1990s, they should be called super-diagnostic, hyper-diagnostic, ultra-diagnostic, ...... If the oldest had 
not been diagnostic, Mr. Hounsfield would not have been awarded the Nobel Prize! and all the 
diagnostics would have been wrong! 
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Some manufacturers have chosen to joint a conventional SPECT with CT equipment based on 
the idea put forward by Hasegawa (Fig.12.2.12). Note the stretcher support required to reduce 
stretcher buckling by having to increase the length of the stretcher for both modalities. 

An example of the most direct commercialised solution was provided by Philips by compacting 
a Skylight gamma camera (eliminating the structure through which the heads moved) with a 
Brilliance CT (with a resolution < 1mm) of 16 slices. This equipment was called Precedence 
(Fig.12.2.13). 


Portico de desplazamiento 
longitudinal TC Brilliance 


Skylight Precedence 


Fig.12.2.13: Philips Medical Systems SPECT/CT Precedence 


The solution adopted by Siemens and also later by GE was to integrate both modalities in a 
single, more compact device than the Precedence, giving rise to Siemens' Symbia SPECT/CT 
device in which the CT (MDCT) could be 2, 4 or 16 slices and GE's Discovery, both with a CT 
resolution of less than one mm. Figure 12.2.14 shows the integration of a Symbia camera with 
aCT. 


Fig., 12.2.14: Siemens SPECT/CT equipment. 


GE is currently introducing its Discovery 670 (Fig.12.2.15). 
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Discovery 630 TC: The BrightSpeed Elite 


Fig.12.2.15: GE Healthcare Discovery SPEC/CT equipment. 


Philips, after the Precedence model, introduced the Brighview XCT devices in which instead of 
a conventional CT, the primitive philosophy was adopted by incorporating a tube and a Flat- 
Panel detector in the rotating stand of a Brightview tomographic gamma camera (Fig.12.2.16). 
This detector could be retracted to work as a conventional gamma camera. The Csl crystal- 
based detector has a spatial resolution of 15 lp/cm and a field width of 14 cm. The rotational 
speed of 12 s/turn is very low compared to CTs which are in the order of 0.5-1.5 s/turn. On the 
other hand, it generates a patient dose (obtained using the CTDI phantom) of 6.5 mGy in 
localisation and 0.5 mGy in cardiac attenuation correction compared to about 20 mGy ina 
conventional CT. 


Flat-Panel X-rays detector 
Fig.12.2.16: Philips Medical Systems SPEC/CT Brigthview XCT. 
Digirad, which is a manufacturer of small field gamma cameras with Csl(Tl) detectors and 
silicon photodiodes, has opted for a solution for cardiology in which the patient is rotated with 


respect to the 3 detectors in both SPECT and CT (Fig.12.2.17). The same detectors are used for 
the SPECT y photons and for the CT Rx. The Rx scan takes 60 s (Digirad 2020). 
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X-ray beam 


Fig.12.2.17: Cardius X-ACT + equipment (Digirad 2020) 


12.2.3: PET/CT equipment 

The proposal to combine a PET with a CT scanner to support anatomical localisation and 
attenuation correction was developed in the 1990s (Beyer 1994). The first prototype was built 
by CTI PET Systems by compacting a Somaton (Siemens) single-slice CT with an ECAT ART PET 
tomograph (Figure 12.2.18). 


Figure 12.2.18: CT and PET sharing the same structure (Townsend 2008). 


The first commercially available PET/CT scanner was GE Healthcare's Discovery LS model in 
2001, followed a few months later by Siemens' Biograph and Philips' Gemini. The first two 
form a single unit while Philips opted to leave a small gap between the two parts (Fig.12.2.19). 


Biograph Discovery Gemini 
Fig.12.2.19: First commercialised PECT/CT (Townsend 2008) 
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Figure 12.2.21 shows a disassembled current "compact" device showing the components of 
both devices. In the PET ring, it is clear that the blocks are formed by 4 detectors that make the 
equipment produce 24 rings because each detector is axially formed by 6 scintillation crystals 
(Fig.12.2.20). 


Fig.12.2.20: GE equipment block (Kinahan 2012) 


Commercial/Clinical PET/CT Scanner 


rotating CT system __ thermal barrier PET detector blocks 


unit human 


Fig.12.2.21: Disassembled GE -PET/CT equipment (Kinahan 2012) 


The acquisition of studies in 2 phases or modalities (CT first and PET second) makes the couch 
play a very important role as there must be no errors in the superimposition of the two- 
modality images. These registration or overlapping errors can be due to stretcher buckling, i.e. 
the stretcher gives way under the weight of the patient. In addition to the fact that the 
material from which it is constructed must be very rigid and very transparent to radiation, the 
table must be secured in such a way that it does not flex. In short, the two detectors must not 
"see" a body displaced with respect to each other. Figure 12.2.22 shows the schematics of two 
possible combinations: Stationary detector and sliding stretcher marked "A", "B" and "C" or 
fixed stretcher and sliding equipment "D". Note that in configuration "C" there is an 
intermediate support to prevent buckling and that "A", "B" and "C" show different ways of 
moving the stretcher. 
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Variable cantilever point; dual positions 


Variable cantilever point; support in tunnel Stationary bed; gantries travel on rails 


Fig.12.2.22: Clamping and relative movement of stretcher-detectors (Townsend 2008) 
12.3: Obtaining the attenuation map by means of CT 


The images obtained by X-ray indicate the absorption of the photons emitted by the generator 
tube through the patient. The standard images are visualised using a grey scale according to 
which the highest white corresponds to the maximum absorption and the black corresponds to 
the minimum. It is therefore a negative representation that comes from when photographic 
plates were developed directly, since, in principle, it should be the other way round, i.e. the 
more radiation, the whiter, the "brighter" and the less radiation, the "darker". These 
radiological images directly indicate the absorption of the photons and are therefore a 
representation of the attenuation coefficients of the tissues through which the X-ray beam has 
passed (Fig.12.3.1). 


Distribution of detected photons 


Fig.12.3.1: X-ray: Distribution of detected photons as a function of attenuation. 


Figure 12.3.2 presents a schematic of the relationship between the measured and emitted 
intensity value at each point of a radiograph. It shows how the X-ray beam of known intensity 
is attenuated by each tissue it passes through until it is detected. I) beam of known intensity is 
attenuated by each tissue it passes through until it is detected. The overall attenuation 
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coefficient after travelling a length of l is given by the average of the partial attenuation 
coefficients. 


x-ray tube 


L_ 


attenuation 


ms ol-)1 101 (0) | I=Ip-exp(-Hy-1) 


! 


Fig.12.3.2: Schematic of beam attenuation through a patient 


The value of the average 1; is obtained directly as 
= — In4ti— 
Hy ] T 


It follows that the Rx transmission allows estimating the absorption of the radiation beam (7) 


which is directly dependent on the overall linear attenuation coefficient. However, in order to 
correct SPECT and PET images, it is necessary to know both the partial attenuation coefficients 
of each tissue and the space (extent) they occupy, so it is essential to have tomographic 
information. 


12.3.1: Historical background and fundamentals of CT 

A.M. Cormack (Cormack 1963) posed the problem of the quantitative determination of the 
attenuation coefficients inside the patient's body from radiographs both as a theoretical 
problem and as a problem of possible application in radiotherapy. In other words, he posed 
the problem of finding a function representing the attenuation coefficients from their integral 
(sum) along a straight line. He showed that the problem had a solution and that the (i;) could 
be obtained in practice from their mean values (l;) obtained by following lines at different 
angles around the object under study™ . 

In 1964, Cormack presented experimental results confirming the correctness of the values 
deduced by his mathematical expression with respect to the "true" ones, using a cylindrical 
Perspex phantom with two small aluminium cylinders inside. Figure 12.3.3 shows the section 
of the phantom and the agreement between the “true” values and the calculated values. It can 
be seen perfectly well how the calculated points follow the contour determined by the 
aluminium blocks in 5 different orientations from the centre of the phantom. 

These two works demonstrated that it was possible to determine the extent and nature of the 
different tissues in a section of the patient by eliminating the superimposition of structures on 


** Cormack rediscovered the Radon transformation and its inversion that had been published in 1917. 
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the X-rays, i.e. tomographic reconstruction. This was the beginning of X-ray tomography in 
medicine. 


ols 


Fig.12.3.3: Phantom and comparison of attenuation values according to 5 orientations 
(a,b,c,d,e) and calculated values (Cormack 1964). 


In 1972, perhaps with the knowledge of Cormack's work” , G. Hounsfield presented the first 
equipment that allowed the visualisation of tissues inside a human skull. To do this, he used an 
X-ray tube as a source of radiation and two opposing detectors that followed two sequential 
movements: first a rotation and then a sweep (Fig.12.3.4). The two detectors made it possible 
to obtain two slices at the same time. 


X-RAY SOURCE? 


PATIENT'S 
HEAD 


Fig.12.3.4: Movements of the first TC (Hounsfield 1973) 


In each axial position the detector source assembly rotated 180° from degree to degree and in 
each of these positions it acquired 160 readings by means of a rectilinear movement. In this 


* Hounsfield makes no reference to Cormack work in his introductory article to the first scanner. 
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way, 28800 (180x160) equations were obtained to calculate the 6400 elements of the 80x80 
cell matrix in which the reconstruction of each of the 2 slices was calculated. The resolution 
method used was based on solving systems of linear equations. The acquisition of a study 
required 35 minutes (5 minutes for 6 acquisitions + 5 min repositioning time). As one section 
was acquired, the previous section was processed by a minicomputer. Figure 12.3.5 shows the 
first commercially available EMI Mark | equipment, the computer used and the display unit. 
Note that this is the first time in Radiodiagnostics that data had to be processed digitally to 
obtain an image. Previously, all equipment was analogue, i.e. each image was recorded on a 
photosensitive plate which was subsequently developed. 


Display 


Acquisition 


Processing 


Fig.12.3.5: EMI MARK | equipment (from Hounsfield 1973) 


The reconstruction method used in these early models was based on algebraically solving the 
system of equations (ART) generated in the acquisition (Paneta 2014). Progressive technical 
and structural improvements were made to the equipment (multiple detectors, elimination of 
linear motion, etc.). In a third-generation CT, these values are obtained for each angle by 
rotating an Rx tube and the detectors together (Fig.12.3.6). From these acquired "global" 
values py calculated for each angle, the individual values i” were obtained by a tomographic 
reconstruction programme (the standard method has been filtered back projection)™ . 
Currently, iterative methods are used which allow a reduction in patient dose as they do not 
require such a high quality of detection (number of photons) as in filtered back projection. 


*? It is sufficient to consider that Mix, = Dy L; so the reconstruction gives directly they, . 
** Reconstruction methods are described in chapter 18. 
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Fig.12.3.6: Schematic of a 3rd generation CT 


The information obtained in a CT is digital and quantitative. The value of each cell of the matrix 
obtained is a number. The original purpose of a CT scan was to obtain an image that looked 
like conventional X-rays. To this end, a way of representing radiation absorption was invented 
that was directly interpretable by physicians in greyscale. Moreover, since the absorptions 
differ numerically little from each other for soft tissues (~ 4%), a method was devised that 
visually amplified these differences. Hounsfield® established a change of scale so that water 
would be given a value of 0 as a reference so that coefficients lower than water would be given 
negative values. In this way he extended the narrow range of tissue attenuation coefficients. 
He arbitrarily assigned -500 units to air (Fig.12.3.7) as it had an attenuation coefficient equal to 
0. Hounsfield used an Rx tube working at 120 kV. 


Prict~ovt 
ocale 


°lo ABSORPTION CO-EFFICIENT GREATER THAN WATER 


Fig.12.3.7: Units used to adjust the display windows (from Hounsfield 1973). 


To display only a part of the values using a certain number of grey levels, "windows" are used. 
A window is defined by two values that can be its extremes (minimum-maximum) or by a value 
that indicates its position within the whole range of values and amplitude or width that 
determines the interval to be displayed. By varying the position, different areas are displayed 
but always using the same number of grey levels. Thus, Hounsfield used a window width of 8 


*° G.N. Hounsfield invented CT. The first images were presented in 1972. 
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levels by positioning it at different values between -500 and +500 of its scale to present the 
images in figure 12.3.8 in which adjusted the position of the window (W) to "separate" 
different tissues. 


Fig.12.3.8: a: W=-100:air in hair, b: W=0:water from ventricles, c:W=+15:tumour and 
haemorrhage, d:W=+20: details haemorrhage, e:E=+350 skull bone (from Hounsfield 1973). 


This selective display was possible because the images were stored in a computer and the 
values from which the image was formed could be varied without altering the original 
information. The arbitrary "print out scale" values in figure 12.3.7 used by Hounsfield are 
called CT numbers and their units are called Hounsfield (HU). Each image can be said to be a 
map of CT numbers expressed in Hounsfields. 

Currently used as air value -1000 and as compact bone value values that can be higher than 
1000 (Fig.12.3.9). 


Cancellous bone: 30 HU 


50-200 HU Compact bone: 
1000-2000 HU 


Fig.12.3.9: Example of value distribution (Brahme 2014) 


By using digital technology, 12-bit registers are used, allowing 4096 (2””) grey levels from -1024 
to 3071 to be represented. There is no unanimity on the number of grey levels that the human 
eye can differentiate in a single image (between 65 and 800). In order to be able to analyse 
and see in detail any alteration of diagnostic value, the window method, already applied by 
Hounsfield in digital form, is used, which consists of using a moving window of width equal to 
256 possible levels that can be moved between the 4096 levels allowed by a 12-bit monitor 
(Fig.12.3.10). 
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Cortical bone 
Max 
Spongious bone ml WL 
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Full-scale data Display system 
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Fig.12.3.10: Window concept (WW: width, WL: centre) (Panetta 2014) 


With this selective viewing methodology, images such as those in Figure 12.3.11 (showing the 
centre of the WL windows and their width) are now obtained. This technique makes it possible 
to clearly see very different things in the same image. 


Bone Soft tissue 
WL/WW: 300/1500 WL/WW: 40/350 
Min/max: —450/950 Min/max: —135/215 


Fig.12.3.11: Visualisation of the same chest slice selecting air, bone and soft tissue (Panetta 
2014). 


The relationship between the CT numbers (Hounsfield Units [HU]) and the attenuation 
coefficients, for an effective energy of the CT scanner (EF) is given by the relation 


= _ HE) water (ED 
ennt| aca Hwater (E) 


Although CT scanners obtain linear attenuation coefficients directly, the images they present 
are in CT numbers since the purpose of a CT scanner is to generate images in conventional 
radiological format. This means that when they are also used to obtain the attenuation 
coefficients, these must be obtained from the CT numbers. 

It should be noted that the linear attenuation coefficients and the density of the material are 
directly related, so that the Rx images also report the density of the tissues. 

Table 12.3.1 shows the CT values for different tissues for 3 different devices operating at 120 
kVp (peak voltage in kV). 
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Material Mass Density GE LightSpeed Siemens Toshiba 


Air 0.000 -9915 -9698 -970.3 
Lung 300 0.290 729.2 -712.9 -720.8 
Lung 450 0.450 -5418 -536.5 -543.3 
Adipose 0.943 -92.8 -956 -67.2 
Breast 0.985 -33.0 456 -364 
Solid Water 1.016 <4 § -1.9 -5.5 
Water 1.000 -29 -5.6 5.1 
Brain 1.052 28.7 25.7 16.8 
Liver 1.089 64.9 65.6 65.8 
Inner Bone 1.145 212:7| 207:5| 2110 
B-200 1.159 2274 2207 2296 
CB2 30% 1.335 4420 4299 4644 
CB2 50% 1.560 791.2 775.3 831.1 
Cortical Bone 1.823 1191.8 1173.7 1256.2 


Table 12.3.1: TC values for three devices (CB: cortical bone with different percentages of 
calcium carbonate) (Crowe 2022) 


It should be noted that the devices give similar values and that they approximately respect the 
conditions given by Hounsfield for air and water. The differences between the values are 
probably due to the fact that the effective energies are slightly different as they depend on 
factors such as the material of the Rx tube and the filter, among others (CIEMAT 2009). 


12.3.2: Conversion of CT units to attenuation coefficients 

The attenuation of photons depends on two factors. One, the type of material or tissue they 
pass through depends on the molecular composition, and two, the energy of the photons. The 
figure (Fig.12.3.12) reflects these dependencies for two types of tissues and the interaction 
mechanisms involved. It shows that the total values in the "CT zone" are significantly different 
from those in the "nuclear zone". It also shows how in the "nuclear zone" bone and soft tissue 
show a parallel behaviour, i.e. with the same difference over the whole energy range. In 
contrast, in the TC range, the difference between soft tissue and bone is highly dependent on 
the photon energy, decreasing with increasing energy. 
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Fig.12.3.12: Variation of attenuation coefficient with energy for different tissues (Kinahan 
2012). 
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From the very definition of CT numbers, it is clear that there is no direct relationship between 
the attenuation coefficients and the CTs, as these have two well differentiated zones, those 
below O and those above O, as water is taken as CT=0. The relationship between the CT 
numbers and the linear attenuation coefficients, in a first approximation, is described by a 
straight line for the negative CT zone (called the air-water zone) and another straight line for 
the CT zone (called the water-bone zone). Both lines come from clearing u from the definition 
of the CT number. 


Uwater 


1000“? 


Le = Uwater + 


This is the so-called bilinear model shown in Figure 12.3.13 and was verified experimentally by 
Blankespoor in 1996 using materials of known attenuation coefficient. They used GE 
equipment with peak voltages of 80, 120 and 140 kV and obtained a calibration curve for each 
of them. 
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Fig.12.3.13: Calibration curve CT-y, for 140 kVp (Blankespoor 1996) 


The dependence on Rx tube tension is shown in Figure 12.3.14. It shows how the relationship 
between the CT number and the attenuation coefficient varies for two generic combinations 
(air-water, bone-water) with varying Rx tube tension. It is observed that for the air-water 
mixture the relationship is unique (the three curves coincide) while for denser tissues (bone- 
water), although linear, the slope of the straight lines decreases with the average energy of the 
photons since those generated with 100 kVp have - on average - lower effective energy than 
those generated with 140 kVp which in turn have lower energy than the gamma photons of 
the 140 keV gamma photons of the *"Tc. 
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Fig.12.3.14: Variation of the linear relationship with the tube tension (Giubbini) 


This means that the values obtained from the CT must be modified, taking into account both 
the voltage of the Rx tube and the energy for which they are calculated, i.e. the energy of the 
photons Y. This correction is made by applying the following expressions depending on 
whether the values are lower than 0 (air-water) or higher because they have a different linear 
behaviour in each of these areas (different origin and slope). 


For CT <0 (air-water zone) 


(u[water, E] — p[air, E]) - CT 


L[tissue, E] = qG00 


For TC >0 (water-bone zone) 


; u[water, keV] - (u[bone, E] — p[water, E]) - CT 
Plpesatee eh ane Be 1000 - (u[bone, keV] — p[water, keV]) 

In these expressions E represents the energy of the Y photons , keV refers to the effective 
energy of the Rx and CT to the number of Hounsfield units. The values of p[water, keV] 
y u[bone, keV] are constant (fixed effective energy of the Rx) and the values of ylair, E], 
u[water,E]y pu[bone,E] are also fixed and are tabulated for the energies of different 
radionuclides (table 12.3.2) so the conversion is a simple addition and multiplication. 
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Energy in keV (E) | 
0 TH201 0.1948 | 0.4974 
3 Ga67(1) | 0.0002 | 0.1753 | 0.3674 
0.0002 | 0.1545 | 0.2877 
0.144 
1 


: 


Ga-67 (2) 0.0002 | 0.1413 | 0.2523 


ar, 
0002 
2 


nN 
fe 


E In-111(2) | 0.0001 | 0.1287 | 0.2258 
0 Ga67 (3) | 0.0001 | 0.1186 | 0.2059 
64 0.0001 | 0.1106 

Ts 


F- 0.0001 | 0.0961 | 0.1655 


159 1-123 0.0002 | 0.1481 | 0.2681 
171 In-111 (1) 0.0002 | 0.1448 | 0.2605 


3 


i] 


wn | 
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Table 12.3.2: Values of the attenuation coefficients as a function of the photon energy Y 
(Patton 2006) 


The energy-dependent bilinear behaviour of the radionuclide is shown in Figure 12.3.15. 
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Fig.12.3.15: Relationship between TC numbers and linear attenuation coefficient. 


It is observed that the values for 511 keV are much lower than those for 140 keV for tissues 
denser than water, which is logical since PET photons are almost 4 times (3.65) more energetic 
than 140 keV photons and therefore present less "resistance" in tissues. For PET, the 
differences in attenuation between tissues are more subtle than in SPECT (140 keV) so, in 
order to more correctly adjust the values used in quantification, it is also necessary to look for 
more complete corrections between CT number and attenuation coefficient such as the 
trilinear model in Figure 12.3.16 which extends to the highest values currently obtained for 
cortical bone. 
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Fig.12.3.16: Attenuation coefficient for PET as a function of Rx tube voltage (Lee 2016) 


Between -200 and 1000 HU is where most of the tissues are located (Fig.12.3.17), so the 
correction needs to be fine-tuned in order to increase the quality of the quantification. 
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Fig.12.3.17: Distribution of different tissues according to TC number (Giubbini) 


12.4 SPECT/CT attenuation correction 


The correction for each SPECT slice requires different steps. The CT image matrix size (e.g. 
512x512) is reduced to the SPECT image size (e.g. 128x128). This matrix (which is CT numbers) 
is converted into attenuation coefficient matrix according to the energy of the radioisotope 
used in SPECT using the CT-p calibration curves or tables obtained from the CT manufacturer. 
This transformation is done pixel by pixel to obtain the attenuation coefficient matrix. The 
correction for a given pixel is obtained by applying the inverse expression of the attenuation 
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law in which the thickness is the size of the pixel, i.e. the correction factor for each cell is 
obtained by the expression 


c(i, f) = eh 
where t, is the pixel size in cm an dy (i,j) is the attenuation coefficient for that image cell. 


These factors are applied by multiplying the number of detected counts by the correction 
factor 


hG@) =IG)- eb) 


As schematised in Figure 12.4.1 


Ip C(L,j) lo 
Fig.12.4.1: Correction process in SPECT (Patton 2008) 


The overall process is shown in Figure 12.4.2. 
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Fig.12.4.2: Schematic of SPECT correction process 
Since subtle differences between attenuation coefficients do not contribute anything to the 


correction, pixels with similar coefficients are grouped together with a single value (resulting in 
a segmentation of the image by their attenuation values). 
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12.5: PET/CT attenuation correction 


The PET correction process is the same until the correction map is obtained. To do this, the CT 
image must be adapted to the PET images (energy and spatial resolution) and the lines of 
response (LORs) must be generated by projection (direct or "forward") to obtain a correction 
sinogram (Fig.12.5.1). 
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Fig.12.5.1 PET/CT correction process (Kinahan 2012) 
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This process is shown for a real case in Figure 12.5.2. 
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Fig.12.5.2: PET attenuation correction sequence (Patton 2006) 


Figure 12.5.3 shows the sinogram of the correction of a uniform cylindrical phantom study 
applied to the direct sinogram and the corrected sinogram. 
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Attenuation sinogram Non-corrected sinogram Corrected sinogram 


Fig.12.5.3: Attenuation correction (from Saeed 2012) 


It can be clearly seen that in the uncorrected sinogram the values of the LORs in the periphery 
are higher (more yellow in figure 12.5.3) than in the centre because there is less attenuation 
near the edge and that the corrected sinogram has an inverse behaviour (more intense in the 
centre). 


12.6: Image fusion 


The joint use of two complementary imaging techniques is of great diagnostic value, regardless 
of attenuation correction. While SPECT and PET provide information on tracer uptake that is 
the translation of functional status, CT provides the exact anatomical location within the 
patient's body. Simultaneous visualisation of the two modalities is achieved by image 
registration. Although registration is necessarily done in attenuation correction, it can also be 
done if attenuation is not corrected, simply so that the images can be superimposed and to 
correctly localise, for example, a pathological accumulation of tracer (Fig.12.6.1). 
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Fig.12.6.1: PET/CT localisation of a tumour (Patton 2006) 
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12.7: Quality aspects of dual modality "Nuclear" and "Rx". 


Artefacts in bimodal images come from one or the other modality and/or from the conjunction 
of both. Artefacts related to hybridisation can basically be of two types. One is due to 
miscalculation of the attenuation coefficients and the other is due to misregistration errors 
between the two modalities, leading to errors in the superimposition of the images (fusion) 
which can also produce errors both in the correction of the attenuation by using attenuation 
coefficients that do not correspond to them and in their exact anatomical location by falsifying 
them. 

Figure 12.7.1 shows a case of over-correction due to artefact due to a metallic implant causing 
an incorrect attenuation coefficient to be calculated. It also causes an artefact of streaks in the 
CT image that are also reflected in the PET image. 


streak artifacts 
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Fig.12.7.1: Metal implant artefact 
The contrasts used in CT are of high atomic number to be opaque to X-rays. Traces of these 
substances may appear as uptakes in the attenuation-corrected image leading to a false 


diagnosis if not compared to the uncorrected image. Figure 12.7.2 shows a case of a scan with 
traces of a Barium contrast. 
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Fig.12.7.2: CT opaque contrast artefact. 
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A frequent error is the misregistration between cardiac SPECT and X-ray, which consists of a 
displacement of the myocardium in such a way that it occupied a part of the lung. In some 
cases the heart could pass through the rib cage (Fig.12.7.3). 
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Fig.12.7.3: Recording error artefact (from IAEA Human Health Campus) 


The calculation of the correction factors involves the length travelled by the photons and an 
error in this parameter leads to incorrect attenuation values. An example would be Figure 
12.7.4 which presents the result of simulations where the useful field of the CT scan does not 
cover the whole body of the patient. This is a "truncation" or clipping error of the CT. This 
means that the apparent "thickness" of the tissue in the CT is not correct (smaller), so that the 


attenuation correction is not correct either (larger), making an area of less activity appear than 
it should. 
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Fig.12.7.4: Error due to cropping of the CT image (from IAEA Human Health Campus) 
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Patients can induce two types of errors. One, "voluntary", whereby the patient changes 
position slightly between one scan and the next, as in the case of Figure 12.7.5 where the 
position of the hands has undergone a slight shift. 


Fig.12.7.5: Displacement due to patient movement (Livieratos 2015). 


The other "error" due to the patient is involuntary as it is due to the internal movement of 
organs, such as the heart, or respiratory movement. These movements produce a blurring of 
the recordings of varying magnitude. In PET or SPECT, being relatively slow scans, the image 
obtained is an average of the different positions during acquisition. In contrast, in CT, a slice is 
obtained in less than a second, so that the CT corresponds to one of the images that make up 
the PET or SPECT image. This has led to different acquisition and/or correction methods, which 
are discussed below (chapter 16). A frequent case is the change of position due to the 
movement of the diaphragm during breathing. 

Buckling of the stretcher due to its bending (Fig.12.7.6) can lead to registration errors between 
two modes with consequences. 


Fig.12.7.6 Error due to buckling (derived from Townsend JNM 2008) 
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The use of CT as a complementary tool to functional PET and SPECT scans has two important 
limitations. Firstly, it is difficult to discern different types of soft tissue with X-ray, without 
using contrast, and secondly, it involves a non-negligible increase in patient irradiation. Figure 
12.677 presents the increase in effective patient dose due to CT. 
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Fig.12.7.7: Percentage of irradiation due to CT (Camacho 2011) 


It shows that overall, the use of CT increases the effective dose by 50%, with the proportion 
varying drastically from scan to scan (from 2% to 90%). 
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13: Hybrid equipment: PET/RMN 


An alternative to the use of X-rays is the use of magnetic resonance imaging (MRI), which 
allows high quality images to be obtained in soft tissue, with the possibility of carefully 
selecting the type of tissue to be detected and, of great importance, without irradiating the 
patient. Figure 13.1 shows the difference between CT and MRI for the same brain slice. 


CT MRI 


Fig.13.1: Difference between CT and MRI in soft tissue detection 


CT images are directly attenuation images, i.e. it is a technique that directly provides the 
possibility of correction of SPECT and PET images. This is because the interaction of radiation 
with matter that attenuates the radiation y occurs at the electronic cortex of the atoms. MRI, 
on the other hand, occurs at the level of the atomic nucleus, by temporarily changing the state 
of protons, in particular those forming the nuclei of hydrogen atoms. The return to their 
natural state, depending on the perturbation to which they have been subjected, informs the 
environment in which they are located. It is through the nuclei of atoms that knowledge of the 
fabric of which they are a part is obtained. 


13.1: Fundamentals of MRI 


Resonance is the phenomenon whereby a body is excited at a frequency which is its own 
frequency of vibration. For example, certain vibrations in the air are resonant according to the 
shape and dimensions of the "sounding" box of a musical instrument, or a taut string vibrates 
according to its eigenfrequency. On the other hand, "magnetic" means that the magnetic 
moment of protons is altered. The magnetic moment is the way to characterise the magnetic 
field created by an electric charge (the protons) in motion, and the protons behave as if they 
were spinning on themselves. Nuclear refers to the fact that the protons involved are the 
nuclei of hydrogen atoms. 

MRI imaging consists of three parts: resonating the protons (hydrogen nuclei), locating these 
resonances, and recording how they release their energy to return to their previous state. 


13.1.1: Resonances 


Making protons (hydrogen nuclei) resonate requires two components: 
1) External magnetic field 
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The protons of hydrogen nuclei that form part of a molecule have a minimum energy level that 
makes them stable, i.e. their energy does not vary. To alter their state,” , they are subjected to 
a static magnetic field that causes this energy level to split so that the protons are distributed 
more or less equally between the two energy levels (E1 with N1 and E2 with N2 protons) 
(Fig.13.1.1). 
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Fig.13.1.1: Energy level splitting by an external magnetic field. 
The separation between levels (AE) depends on the intensity of the static external magnetic 
field whose intensity is measured in Tessla [T]. Thus, 0.5, 1, 2, 3.5 and 7 T equipment is 
commercially available, the latter for experimental purposes. The higher the magnetic field 
strength, the better the quality and the shorter the scanning time. 
2) Radio frequency (radio) transmitter 
Once the energy level is split, if nothing is done, the population of each level will remain the 
same as long as the magnetic field is present. To alter this situation, energy is communicated 
to the protons via radio frequency (RF) waves, i.e. electromagnetic energy via a transmitting 
antenna. This causes protons from the lower level (E1) to access the upper level (E2), creating 
an unstable situation. This injection of energy is done by sequences of pulses separated by a 
certain time. 


E, 
F—> 
E, 


N,>N, 


Fig.13.1.2: Pulsed excitation 
When the excitation disappears, the excited protons in the upper level (E2) return to the 


lowest energy state (E1), emitting the excess energy in the form of electromagnetic waves 
(relaxation phenomenon). 


E, 
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Fig.13.1.3: Relaxation 


The signal is detected externally by a receiving antenna. The way the relaxation occurs (timing, 
phasing) depends on the environment in which the hydrogen atoms are located, and the 


*° One way of measuring is to alter the stable conditions of what you want to measure in order to 
observe how it reacts. 
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frequency of these emissions depends on the magnetic field to which the protons are 
subjected. 


13.1.2: Location of resonances 

The localisation of the resonances is achieved by superimposing on the uniform (constant) 
magnetic field a magnetic field of small intensity that varies with position (field gradient). Thus, 
since the frequency of the waves emitted in de-excitation depends on the total magnetic field, 
the frequency is position-dependent. 
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Fig.13.1.4: Superposition of fields. B symbolises the magnetic field strength and x the position. 


To acquire 3D images, three gradients in X, Y and Z are required, which also allow images to be 
obtained directly in oblique slices. The gradient in Z (axis of the equipment) marks the slice or 
plane where the acquisition is made and the gradients in X and Y are used to locate the point 
of emission in this plane. The gradients switch between themselves and in synchrony with the 
radiofrequency pulses, forming what is known as a sequence. The duration of the pulses is very 
short, a few ms. The combination of the variable magnetic fields limits the area in which the RF 
pulse will cause excitation, since excitation only occurs if the magnetic field is suitable for a 
given proton. Subsequently, the proton will return to its initial state, emitting energy in the 
form of RF (Fig.13.1.5). 
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Fig.13.1.5: Sequence diagram (derived from Moser 2009) 
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It is important to note that in MRI, different types of information can be acquired depending 
on the different parameters of the pulse sequences, while in contrast, using CT or SPECT and 
PET equipment, only one type of information can be acquired, in CT the attenuation 
distribution and in PET and SPECT the distribution of a radiopharmaceutical. Thus, in the 
following table we see how in MRI of a single organ -brain in this case- different parameters 
are obtained (Pp which depends on the density of protons and T,, T related to different 
temporal characteristics of relaxation) which allow us to distinguish different tissues from 


Brain Tissue Parameters Measured at 1.5T. 


Tissue Type Relative Pp T> (ms) T,; (ms) 


White matter 0.61 67 510 
Gray matter 0.69 77 760 
Cerebrospinal fluid 1.00 280 2,650 


Fig.13.1.6: MRI-derived brain parameters (Prince 2015) 


which images with different information are generated (Fig.13.1.7)). 


(a) (b) (c) 
Fig.13.1.7: Different types of information - contrast between tissues - that can be obtained 
from the same brain slice depending on the excitation sequence and relaxation parameters 
(Moser 2009). 


13.2: Structure of a nuclear magnetic resonance imaging system 
A basic MRI system must have a uniform, constant and static magnetic field, a magnetic field 


gradient, a radio frequency transmitting antenna and a receiving antenna as shown in Figure 
13.2.1. 
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vail receive coils 


Fig.13.2.1: Structure and basic components of an MRI system (Moser 2009) 


The fixed magnetic field is created by a superconducting coil operating at liquid He 
temperature (Fig.13.2.2). It is interesting to note that this Ni-Ti coil is isolated from the outside 
by layers of vacuum and liquid nitrogen. 
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Fig.13.2.2: Structure of a superconducting magnet (Prince 2015). 


The coils to create the three magnetic field gradients according to three orientations 
(Fig.13.2.3) 
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Fig.13.2.3: Arrangement of the coils for the 3 gradients (from Prince 2015) 


The signal to be detected is very weak, so transmitter/receiver antennas should be used as 
close as possible to the organ to be studied. Figure 13.2.4 shows the layout of these antennas. 
For a specific organ, antennas adapted to the shape of the organ are used. 


Fig.13.2.4: Arrangement of the RF antennas and photo of one of them (GE HealthCare). 


13.3: MRI-PET symbiosis 


The coupling of MRI with another imaging modality (PET) involves many technical difficulties 
due to mutual interactions or interferences between the two modalities, which can be 
summarised as follows: 


MRI-— PET: Due to the magnetic field and the radio frequency 
Alteration of light production in scintillation crystals 
Alteration of the multiplier effect of photomultipliers 

RF interference (120 MHz at 3T) from electronics 

Gradient switching (1 kHz)— eddy currents, vibrations 
Alteration of uniformity by radiofrequency coils 
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PET— MRI 

Inhomogeneities in the magnetic field by photomultipliers 

Alteration of gradient linearity by magnetic fields generated in photomultipliers 

Interference in RF reception due to the signals from the electronics and from the high voltage 
of the photomultipliers. 


Given the importance of being able to conduct studies with both modalities, two solutions are 
currently on the market: 


A: Sequential acquisition with two different pieces of equipment involving: 
Longer scanning time (PET+MRI) 
More space 
Possible registration errors between modalities 
Little modification of magnetic armouring-equipment 


This is the solution adopted by Philips in such a way that by improving the magnetic shielding 
of the PET, a device with two modalities is achieved that can work independently or jointly by 
having a rotating couch between the two devices (Fig.13.3.1). 


Fig.13.3.1: PET/MRI= PET TF + 3T MRI (Philips) 
At a certain point in time, GE opted for this solution, also using the two devices separately and 


a special stretcher that could be used in both devices (Fig.13.3.2), which made it possible to 
obtain images in 3 modalities, with the two devices in separate rooms. 
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Fig.13.3.2: Triple modality with GE Healthcare Tri-modality equipment. 


B: Simultaneous acquisition in the same equipment involving: 
Shorter scanning time (of the same order as that required for MRI) 
Smaller footprint, total redesign of the PET with magnetic field and radio frequency 
compatible detectors (Fig.13.3.3). 
Modifying the MRI equipment by adapting the couch and RF coils with minimal 
attenuation to not disturb the PET part. 


Conventional APD-based 
PET detectors PET detectors 


B+0 
Fig.13.3.3: Effect of a magnetic field on a conventional detector with PMTs and on an APD 
detector (Pichler 2008). 
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The first commercially available device was the Siemens Biograph mMR in 2010, followed by 
the GE Sigma PET MR device. Both manufacturers found almost identical solutions, differing 
mainly in the structure of the PET detectors. 

The simultaneous operation of PET and MRI due to the incompatibilities mentioned above led 
to the development of PET detectors that could be integrated into an MRI machine 
(Fig.13.3.4). 


Sa 


_— Oc —"> 


oi 


Fig.13.3.4: Location of the PET detector ring in an MRI (Siemens Healthineers.com) 


The PET detector consists of a series of small detectors arranged in a cylinder (Fig.13.3.5). 


Y detectors RF coils 


Fig.13.3.5: Arrangement of PET detectors (Ge Healthcare) 


The arrangement within the MRI equipment is as shown in figure 13.3.6, where it is clear that 
the PET forms one more layer of the resonance. 
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Fig.13.3.6: Insertion of the PET ring into the MRI machine (from Herzog 2012) 


The detectors used by GE and Siemens have the same structure (Fig.13.3.7, 13.3.8) but differ 
basically in the detector of the scintillations produced in the scintillation crystals. Siemens uses 
APDs (Avalanche Photo Diode) and GE uses SiPMs (Si PhotoMultiplier). Both are solid-state 
detectors with very similar performance (Caribé 2019, Biograph mMR) with the exception that 
GE's Sigma devices allow TOF acquisition while the Biograph does not (Karlberg 2016). 


Fig.13.3.7: Structure of PET detectors in Sigma mr (Ge Healthcare) 
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Fig.13.3.8: Structure of the PET detectors in Biograph mMR (Siemens) 


The need to acquire PET studies through RF coils has made it necessary to redesign the 
antennas normally used for low attenuation ones, such as the Siemens TIM coils (13.3.9). All 
coils are specific to the area to be studied, from whole body to knee, for example. 


4-Channet Flex Coil Lorge and small, PET-MR compatible 


Fig.13.3.9: TIM coils used in Biograph mR (Siemens 2017) 


13.4 Obtaining the attenuation map 


A major difficulty arises when trying to correct the attenuation in the patient from the 
resonance images. This difficulty or impossibility of directly obtaining the attenuation 
coefficient map comes from the fact that attenuation is a phenomenon at the level of the 
electronic cortex and resonance at the level of the atomic nucleus. This difficulty is most 
apparent in relation to bones and their vicinity, as in the case of metallic implants. 

Despite the design of low attenuation accessories (coils, antennas, cables, ...), it is necessary to 
obtain a map of the attenuation due to the hardware as these elements are "transparent" to 
radio frequency (MRI) and therefore will not appear in "pseudo attenuation" maps generated 
from pulse sequences. Figure 13.4.1 shows the attenuation images of a coil obtained by 
transmission. These images must be integrated into the attenuation maps. 
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Fig.13.4.1: Attenuation images of an MRI coil (Martinez-Moller 2012). 


Regarding the way to obtain an image of attenuation coefficients, there is no consensus 
between the 3 major manufacturers (GE, Philips, Siemens), i.e. there is no standard method as 
in PET/CT (De Luca 2020)°”. 

From different T1 sequences, images are obtained that are segmented. That is, since it is not 
necessary to use as many different coefficients as pixels, as their variability is of no clinical use, 
the images are assigned 2, 3 or 4 segments, one for each tissue type, each with its own 
attenuation coefficient. These values vary according to the manufacturer (table 13.1). 


GE Sigma Philips Ingenuity Siemens Biograph 
Lung 0.0180 cm-1 0.0219 cm-1 0.0240 cm- 
Soft tissue 0.0100 cm-1 0.0950 cm-1 0.0100 cm-1 
Grease 0.0860 cm-1 0.0854 cm-1 


Table 13.1: Attenuation coefficients used in segmentation (Delso 2018) 


As can be seen, bone tissue is not considered. This is due to the difficulty of obtaining a good 
signal from a tissue that is very poor in hydrogen atoms and requires other types of sequences. 
The fact of not considering bone in the brain leads to errors of 20%. Two techniques have been 
developed to solve this problem. One is to use an anatomical atlas for skull and hips and the 
other is to use ultra-fast sequences capable of detecting the signal coming from the bone (ZTE, 
UTE). Figure 13.4.2 shows the complicated process involved in obtaining the attenuation maps 
needed to correct the PET activity. 


*” This is something like “asking for pears from the elm tree”. 
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Fig.13.4.2: Example implementation of attenuation mapping on a GE Sigma device (Delso 
2018) 


13.5: PET/MRI quality aspects 


In dual-mode equipment the quality of the joint performance is determined by the quality of 
both modalities separately and by the interaction between them. In the case of PET/MRI, two 
types of artefacts can be distinguished. One is due to the hardware itself, such as the effects of 
truncation of the field of view, as the field of view of MRI is smaller than that of PET due to the 
use of local coils, and the distortion caused by these coils in the attenuation maps as they are 
not "transparent" for 511 keV photons, as we have seen in the previous section. The 
truncation causes distortions of the magnetic field in the periphery with a consequent 
deterioration of the image that can cause errors of up to 15% in the attenuation coefficient 
(Fig.13.5.1). 


Fig.13.5.1: Distortions due to truncation (Catana 2021) 


The other big group of "problems" comes from resonance. The sequences to be used to obtain 
a "pseudo CT" map have some drawbacks such as: 

Images of bone tissue: the sequence for viewing bone is very short, which can be misclassified 
as air, with radically different attenuation coefficients (Fig.13.5.2). 
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Fig.13.5.2: Confusion between skull and air (Catana 2021) 


Images of lung tissue: in this case T2 sequences are also very fast and difficult to obtain. In 
addition, the signal is very weak due to the low proton density. The quality is also affected by 
the patient's respiratory movement (Fig.13.5.3). 


Fig.13.5.3: Artefact due to patient's breathing (Catana 2021) 


Foreign bodies: metallic implants (fillings, clips, prostheses...) generate artefacts with the 
consequent invalidity of the attenuation (Fig.13.5.4). 


Fig.13.5.4: A: CT scan showing metallic implants. B: T1 image (Dixon) showing an artefact. C: 
Attenuation map with the artefact generated by the implant (Delso 2015). 
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PET with TOF can in some cases correct the attenuation map as shown in figure 13.5.5 in which 
a (metallic) sten can be seen to cause an artefact. 
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Fig.13.5.5: Direct and corrected attenuation map and its impact on cardiac perfusion (Shramm 
2019) 
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One problem that may arise is the time needed to perform a PET/MRI scan, which should not 
be longer than the time needed to perform a PET/CT followed by a conventional MRI. Apart 
from generating logistical problems in patient flow, one should think about using only the 
strictly necessary MRI pulse sequences, so as not to favour artefacts due to patient 
movements (Delso 2015). 
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Matrix formation and visualization 


The previous chapters have described the detector equipment used in nuclear medicine, of 
which those used for imaging should be highlighted. In their description, concepts such as 
image or pixel have been used, which should be analysed in some detail. The purpose of this 
section is to present the different aspects involved in image generation, such as digitalisation, 
matrix generation and visualisation. 

Images in nuclear medicine are the result of a process that translates some kind of information 
(gamma photons) into other interpretable information by means of an imaging system (Fig.14) 
that is composed of different parts (subsystems) in cascade, i.e. the output of one is the input 
of the next. In nuclear medicine, the object is the distribution of radiopharmaceutical and the 
image is a scan, e.g. of the thyroid or a sinogram in PET. The imaging system can be considered 
as consisting of the stages of: detection, digitisation, matrix formation and finally image 
generation for display. 


Object 


Image 
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Fig.14: Schematic diagram of imaging in Nuclear Medicine 


As a general rule and as a first approximation, image-forming systems, or their subsystems, are 
always considered to be linear. A system is linear if an input, which is the sum of two inputs, 
corresponds to an output which is the sum of the two respective outputs. It must also comply 
that if the input is multiplied by a factor, the output must also be multiplied by this factor. In 
short, it is a way of ensuring that the principle of superposition is valid, which, ultimately 
speaking in physical terms, expresses the principle of conservation of energy® . This ensures 
that the sum or superposition of images of different objects is equal to the image of the 
superposition of the objects. For example, it makes valid the subtraction of the background of 
an image of a kidney by an image of the background of its surroundings. Another aspect of 


8 For example, detectors behave linearly up to a certain activity after which they start to saturate. It is 
always assumed that the emitted activity does not cause the detector to saturate and therefore it is 
always assumed to behave linearly. 
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linearity is that if the activity of a source is doubled, the detected activity must also be 
multiplied by two”? . 


14: Matrix formation 
14.1: Detection 


In order to focus ideas, the detection methods in gamma cameras and PET scanners are 
summarised in a very brief way. 


14.1.1: Detection in gamma cameras 

Detection using a conventional gamma camera is a process of conversion of photonsy into 
electrical signals whose mechanisms have been described extensively in previous chapters and 
in the annexes. In summary, three signals are generated in a gamma camera, two for the 
location of the scintillations in the scintillation crystal and one corresponding to the deposited 
photon energy, as schematised in (Fig.14.1.1). Nowadays, the electronic signals are 
immediately converted into digital signals. 
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Fig.14.1.1: Operating diagram of a "digitised" gamma camera 


In gamma camera detection, the collimator plays a decisive role as it performs an (analogue) 
filtering task by letting only photons from certain directions through and deforming the 
distribution of the photons it lets through. This deformation depends on the distance from the 
radiation source and the length and diameter of the holes. In other words, it performs a 


* It should be noted that in solid-state detector equipment, digitisation may be done directly at detection or 
imaging may also be done directly by associating a detector with an element of the array. This does not mean that 
in such equipment the sampling conditions must not be met in order to correctly reproduce the detected 
information. 
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"passive" processing that has an impact on the downstream process. The following concepts 
apply to the information obtained "behind" or "after" the collimator. 


14.1.2: PET detection 

In a PET, the information circuit has a scheme similar to the previous one (without collimator if 
it works in 3D) to which a phase must be incorporated for the analysis of temporal 
coincidences. The photomultipliers are grouped in detector blocks that allow the scintillation 
to be located by calculating the coordinates as in a gamma camera. To this localisation in a 
block, a second block and an energy and coincidence analysis must be added, as illustrated in 
Figure 14.1.2. 
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Fig.14.1.2: Schematic of the detection phase in a PET scan (from Wernick 2004). 


From the coordinates at each detector, if there is a coincidence in time, the polar coordinates 
of the annihilation are calculated and the sinogram is formed point by point. 

The issue is to convert an analogue signal into a digital or numeric signal in such a way that as 
little information as possible is lost in this conversion. 


14.2: Digitisation 


14.2.1: Analogue-to-digital conversion (A/D) 

It consists of dividing an analogue signal into different levels, assigning each level a numerical 
value as shown in figure 14.2.1 in which a voltage between 0 and 1 V is divided into 8 levels, 
each with a 3-bit code. It can be seen how the "infinite" possible values between 2 values are 
concentrated into a single digital value. The loss of information depends on the number of bits 
used for coding. Thus, 3 bits allow 8 levels (2° ) ranging from 0 (binary code 000) to 7 (binary 
code 111), 8 bits (2° ) allow 256 levels ranging from O to 255), 16 bits allow (2°° =65536) 
different codes, i.e. different values. In short, the greater the number of bits, the greater the 
precision in digitisation, as the smaller the analogue range to which the same digital value is 
assigned. The resolution, i.e. the ability to distinguish close "analogue" values, is given by the 
size of the step between levels, which is obtained by dividing the interval (maximum minus 
minimum value) of the analogue signal by the number of digital levels. 
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Fig.14.2.1: Schematic of level allocation in the conversion from analogue to digital signal (From 
Soria) 


Figure 14.2.2 shows the effect of an A/D conversion ona "continuous" variation of an analogue 
signal. From a continuous variation, a sequence of a few values is obtained. 
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Fig.14.2.2: Discrete values of continuous function with 8 levels (3 bits) (from Soria). 


Two things are observed. One, that information about the value at a certain point on the curve 
has been lost (e.g. that a value of 0.75 is assigned a level of 6 (110 in base 2) which 
corresponds to 0.6 or that 0.25 is assigned 2 (010 in base 2) which corresponds to 0.2 when it 
should be 0.25). This lack of precision can be important, for example, when calculating the 
positions of scintillation. These must be digitised in such a way as not to reduce the spatial 
resolution of the equipment when working "coarsely". 

The second thing is of extraordinary importance. Figure 14.2.3 shows that the number of 
samples is totally insufficient to reproduce the original curve since with these few values there 
are a theoretically infinite number of curves passing through the same discrete values. It is 
logical to deduce that the number of samples needed to faithfully reproduce a curve will 
depend on the type of curve in question. This dependence gives rise to the theory of sampling 
a signal. 
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Fig.14.2.3 Possible analogue curves with the same discrete values of the samples. 


14.3: Linear sampling of a signal 


14.3.1 Signal representations 


An analogue ("continuous") curve” - smooth, with oscillations,... - with respect to its abscissa 
(time, position, etc.) can be described either by the "normal" or direct representation which 
consists of listing its values as a function of the abscissa in the form "y=f(x)", or by its frequency 
representation described below. Both representations are equivalent, as are, for example, 
listening to music, which would be the expression y=f(t) indicating the frequencies that are 
generated and perceived over time, and its "frecuencial" representation by means of a score 
indicating the sequence of notes and patterns that must be played to achieve the perceived 
music "f(t)"”* . Figure 14.3.1 indicates the analogy and how one goes from one representation 


to the other. 


a Signals in physics, although apparently continuous, cannot be continuous in the strict mathematical 
sense. However, the mathematical theory of the Fourier transform applied to "physical" functions gives 


fully valid results. 


e See, for example,. Filters in Nuclear Medicine by R.Puchal directly accessible on academia.com. 
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Fig.14.3.1: Analogy of the equivalence of representations 


Perceived music is the sum of the air vibrations generated in the instruments. Each 
instrument, and this is what characterises them, generates a fundamental frequency (defined 
by each note) plus a series of harmonics (multiples of the fundamental frequency) of different 
intensity (amplitude) which is characteristic of the instrument. Thus, an "A" does not "sound" 
the same on a violin as it does on a flute, even if the fundamental frequency is the same (A = 
AAO Hz). 

Similarly, by means of the frequency representation, the behaviour of a function f(x) can be 
summarised in a series of values indicating the amplitude of its component frequencies, called 
the frequency spectrum. These frequencies are given by a fundamental frequency and its 
multiples. If the number of frequencies in the spectrum is finite, the function is said to be 
band-limited, with a maximum frequency (Vmax ) and a minimum frequency (-Vmax ). The 
difference between the two frequencies B = (Vmax -(-Vmax ))= 2-Vmax is the bandwidth of the 
function. 

The frequency representation allows certain aspects of a function to be modified more easily 
and intuitively than in the ordinary or direct representation. Thus, for example, smoothing 
filters, enhancement filters, etc. are applied by ordinary multiplication in frequency space, 
whereas the convolution product must be used in "ordinary" or direct space. 

The transition from one representation to another is made by means of the Fourier transform 
when the signals are continuous and with the discrete Fourier transform when the signal is 
sampled, which is the case here. 
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The question is to determine how the samples are to represent as correctly as possible the 
distribution of radioactivity detected. These conditions are set by the sampling conditions. 


14.3.2: Sampling 
When a function” is sampled every certain intervalA , as is the case when using matrices, since 


each pixel is sampled as if a matrix were a template, the points at which it is sampled are given 
by 


X, =nA 
where n is a natural number between O and a maximum value N. Figure 14.3.2 shows a 
continuous function f(x) and its sampled function f,, (x, ) everyA . Since these are "real" 
functions, the samples are not values obtained at an infinitesimal of x, but are the value 
obtained at a certain "opening"s (in fact they are the average of f(x) between x, -e /2 and x, +é 


/2). 


f(x) 


fn Xn) 3 


Fig.14.3.2: Sampling of a function in one dimension (from Barret 1981) 


In our imaging case the aperture is one pixel and the sampling period is also one pixel as there 
are no "dead spaces" between the samples (Fig.14.3.3). 


Fig.14.3.3: Equivalence of sampling (A ) and aperture (é ) in Nuclear Medicine images 


72 - . ei i 7 Fi 7 

The concepts presented here in one dimension generalise to two or more dimensions in a 
straightforward way. In the case of 2-dimensional images, the concepts presented here must be applied 
in both directions (x and y). 
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Figure 14.3.4 summarises the digitisation of the coordinates and the accumulation or sum in 
each cell, i.e. the values f,, (x,y). In this case the values of each pixel are the sum of the activity 
detected in each pixel corresponding to the "times" that the coordinates of each cell have 
been detected. The function f(x,y) would be the distribution of the radiopharmaceutical seen 
by the collimator... 
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Fig.14.3.4: Formation of an image in a gamma camera (from Sorenson 1987) 


14.3.3: Conditions for correct sampling 

This section explains how the samples should be taken, i.e. what size the cells or pixels should 
be, so that the scan (or sinogram in PET) best represents the information coming from the 
patient. 

To understand how it is possible to obtain a good image, it is necessary to talk very briefly 
about a part of signal theory, since what we do, in short, is to transform one type of signal 
(distribution of radioactivity) into another signal (images). 

To simplify the nomenclature, in what follows we will deal with functions of one variable, 
which does not detract from the generality of the results. As is almost always the case in signal 
theory, the frequency representation is used. 

The Fourier transform of a discrete or sampled function consists of the Fourier transform of 
the original function (TF(f(x))= F(v ) repeated every certain frequency interval (1/A ). which is 
the inverse of the intervalA with which the original function has been sampled. It is the same 
frequency spectrum F(v ) replicated every 1/A (Fig.14.3.5).”” 


?? Remark: the repetition of F(v ) is a consequence of the fact that the function f(x) is not of infinite 
extension. 
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Fig.14.3.5: Spectrum replicates every 1/A (from Barret 1981). 


Depending on this frequency interval (1/A ), the transforms overlap to a greater or lesser 
extent. The existence of overlapping causes frequencies to appear which do not exist in the 
original function and which come from the adjacent replicas ("aliases"). This effect, called 
aliasing, causes artefacts called Moiré to appear. It is not common but occurs in digital 
radiology due to interference of the anti-diffusion grating with the regular structure of the 
detector array (Fig.14.3.6). In nuclear medicine it occurs with low resolution collimators in 
front of high frequency objects such as a bar phantom. In the latter, it can be seen that as the 
thickness of the bars (frequency increase) numbered from 1 to 6 decreases, the image 
deteriorates and streaks appear that do not exist on the quality control plate which was 
rotated 45° (all the lines should be parallel as in sections 1 and 2). 


Fig.14.3.6: Examples of Moiré in radiology and nuclear medicine (FRCR physics notes 2021, 
Hart 1986). 


Figure 14.3.7 shows schematically how the superposition of frequencies that cause aliasing 


occurs. We can see how the replicas cause amplitudes of frequencies that were not significant 
in the original function to be amplified, generating a new spectrum that 
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Fig.14.3.7: Overlap between replicates of the frequency spectrum of a function sampled 
everyA (from Barret 1981). 


will result in a "deformed" function with respect to the original. In order for this not to occur, it 
is essential that the replicas are sufficiently spaced apart (Fig.14.3.8). 
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Fig.14.3.8: Transform of a sampled function without overlapping replicates (from Barret 1981). 
Since the separation between replicates depends on the frequency at which the original 


function has been sampled (1/A ), the condition for no overlap is that 1/A is larger than the 
bandwidth of the function. This requirement is called Nyquist criterion and is expressed as 


=>B 


ble 


where B is the bandwidth of f(x). Since B = 2-Vma, , this condition is equivalent to saying that 
the sampling frequency 1/A must be at least twice the maximum frequency of f(x). 
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1 
A 22° Vnax 
this frequency (2 - Vngx ) is said to be the Nyquist frequency. 


Since what is normally fixed is the sampling periodA , which in the case of Nuclear Medicine 
images is pixel size (p, ), this condition is also expressed as that 


1 
c= 2 Vmax 
From what has been said so far, the condition for the sampled to be faithful to the original, i.e. 
able to completely reproduce an original function, is to sample with an interval that meets the 
Nyquist criterion (Shannon's Theorem. See appendix to this chapter). 
This has very important consequences if it is stated backwards. That is, if you sample at a lower 
frequency than the Nyquist frequency, (a larger pixel size!) you will not be able to reproduce 
the original distribution correctly. 


14.4: Digitisation of signals in Nuclear Medicine 


In nuclear medicine equipment, it should be noted that analogue-to-digital conversion must be 
applied to two different signals. One is the energy and the other is the detection position 
signals. 


14.4.1: Digitisation of energy 

The digitisation applied to the energy signals sets the accuracy with which the energy 
spectrum is to be constructed and ultimately the accuracy of the energy resolution. The 
precision (FWHM) should be at least 1 keV for clinical applications. 

All the processes involved in the generation of scintillations are subject to random variations 
that lead to a loss of the precision with which the energy is determined. The minimum 
separation between 2 energies to be detected as distinct is the width at half height (FWHM). 
This implies that the maximum "observable" frequency is 1/FWHM and applying Nyquist it 
follows that 


so that 


FWHM _ 1keV 


A< 
To 2 


= 0,5 keV 


This implies that if the maximum energy of photonsy in Nuclear Medicine is 511 keV, it is 
necessary to be able to divide the signal into more than twice the 512 levels, which implies 
using at least 10 bits (2°° =1024). 


14.4.2: Digitisation of position signals 
The other digitisation is that of the coordinates. The uncertainty in the coordinates has to be 
smaller than the pixel size. Applying the Nyquist condition it follows that 


Px 
Ae 
=e 
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If the field of a gamma camera is 400 x 400 mm and you intend to use 2x2 mm pixels, you will 
need to sample the voltage (between the equivalent of 0 mm and 400 mm) in more than 400 
levels so you will need at least 9 bits (2° =512). 

If the pulses generated by the detectors have been correctly digitised, then the condition of 
the 'cells' in which the coordinates of the pulses will be sorted to form matrices can be studied 
so that they contain the best possible information about the distribution of activity coming 
from the patient through the detector equipment. 


14.5: Matrix formation 


The basic scheme of image formation in nuclear medicine can be summarised as shown in 
figure 14.5.1 in which there are 4 phases: detection (explained above), digital localisation, 
accumulation and visualisation. Note that accumulation is the principle by which images are 
generated from photons, as in photography in which the photons corresponding to the 3 basic 
colours: red, green and blue (RGB) that have been detected by the respective sensors, one for 
each colour, are added up. In PET this scheme is also applied by changing (X,Y) to (r,@ ) and 
gammagraphy to sinogram although it is still a "gammagraphy" as it means gamma ray 
registration (not necessarily using Cartesian coordinates (X,Y)). 


Digital 


Detection oe 
localization 


Matrix > cells Gammagraphy > pixels 


Accumulation of counts visualization 


Fig.14.5.1: Basic imaging scheme in nuclear medicine. In PET, "tomographic reconstruction" 
should be included between "accumulation" and visualisation. 


14.5.1: Accumulation of counts 

Nuclear medicine images are formed by accumulation of the counts coming from a radioactive 
count. These accumulated counts are always zero or positive. The information in each cell is 
the number of counts that had the coordinates of the cell, i.e. those that "fell" into the cell 
(remember the concept of aperture in figure 14.3.3). 

A cell is an accumulator of counts so that each pulse it incorporates adds 1 to the previous 
quantity. This maximum quantity will depend on the storage capacity of each cell. A cell is a 
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unit of memory. If it is 8 bits (8 bits= 1 byte) "deep" it allows 256 levels” . Since the value 0 is 
one of these possibilities, the maximum amount that can be recorded is 255 counts. With 16 
bits (2 bytes) up to 65535 counts can be stored in one cell. Nowadays, many manufacturers 
use standard memories that can store both positive and negative quantities. For this purpose, 
1 bit is reserved for the sign, which reduces the storage capacity of each cell by half— 2’ or 2*° 
. This reduces the maximum value from 65535 to 32767 when using 16 bits. Some equipment 
uses 24-bit or 32-bit memory chips. 


Fig.14.5.2: Example of accumulation of counts over time 


The accumulation is to be understood as if the cells were deposits where counts are added. If 
the number of counts exceeds the capacity of the "deposit", the counts are lost. When this 
happens, it is said that there is saturation or "overflow". If there is saturation in some cells, the 
difference in counts that could be between them is lost, and information is wasted, since all 
the cells that are saturated are at the maximum of what they can contain. Figure 14.5.2 shows 
the consequences of overflow in an image. The white pixel value indicates that the maximum 
has been reached. Saturation in acquisition should always be avoided as it constitutes an 
irreversible loss of information”® . 


” Permutations with repetition of 2 elements (0 and 1) taken 8 by 8. 
> Another thing is the saturation in the display, which does not alter the content of the cells and is a 
way of displaying areas of low activity. 
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Fig.14.5.3: Consequences of saturation 


To prevent this from happening, acquisition computers can stop acquisition when one of the 
cells, the first cell, reaches saturation. In this way, the activity differences between the cells are 
preserved. In some equipment, when this happens, they automatically extend the depth 
(capacity) of the cells. It must be taken into account that the total number of counts that are 
usually acquired is not very high, so the average number of counts is low. What happens is that 
accumulations of tracer can easily cause a few cells to become saturated. Currently the price of 
memory is low, so they are usually purchased with 24 or 32 bits, which can store up to 4 Giga 
counts (~ 4 10” ) per cell. 


14.5.2 Direct representation of matrices 
Figure 14.5.4 shows how matrices covering the entire useful field of view (UFOV) are defined. 
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Fig.14.5.4: "Parceling" of UFOV into cells of sizeA . 
The dimension of the arrays used in nuclear medicine ranges from 32 to 1024. Figure 14.5.5 


shows clearly how the "fidelity" changes with increasing dimension, which is the same as 
decreasing the sampling sizeA or pixel size p, . 
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Fig.14.5.5: Image of a bar dummy using 3 dimensions (64, 128 and 256) 


It is important to note the magnification capability of gamma cameras. The "zoom" or 
magnification consists of assigning a standard dimension matrix (32 ,...) to a part of the field of 
view. In this way, the dimension is preserved by decreasing the size of the samples, i.e. the 
pixel size. This results in an apparent magnification of the area of interest as shown in 
(Fig.14.5.6). 
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Fig.14.5.6: Effect of magnification or zoom. 


The general formula for the pixel size, i.e. the sampling intervalA depends on the magnification 
Z and is given by 


UFOV[cm] 1 
A[cm] = —z— * im 


which shows how the sampling rate can be increased (or the pixel size decreased) without 
increasing the matrix size, i.e. without increasing the computer memory requirement. Table 
14.5.1 shows an example of the pixel size variation with zoom for a 40 cm UFOV. 
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Table 14.5.1: Example of pixel size variation with magnification or zoom. 


14.5.3 Frequency content of images 

As discussed above, direct and frequency representation are two equivalent ways of 
expressing a signal. Therefore, what has been said about the Nyquist condition to correctly 
reproduce a signal concludes that the pixel size has to be related to the frequency spectrum of 
the radioactivity distribution. 

Figure 14.5.7 shows a typical power spectrum” for nuclear medicine. It shows several aspects: 
there are no negative frequencies since the sampling is by length - there are no negative 
lengths or areas. Another aspect is that the maximum frequency of the object is close to 0.3 
cycles/pixel. 
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Fig.14.5.7: Typical (power) spectrum of Nuclear Medicine (from Beis 1995) 


”° The usual spectrum is the power spectrum obtained by squaring the amplitude values. The frequency 
information is the same as the amplitude spectrum. 
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On the other hand, the maximum value of the frequency axis is 0.5 cycles/pixel which 
corresponds to the Nyquist sampling frequency. Indeed, from the expression of the Nyquist 
condition, as A is a pixel, it follows that 


1 
a oh 0,5 cycles/pixel 


This means that if the frequency is expressed as (cycles/pixel, i.e. 1/pixel) the maximum 
frequency at which samples can be taken is one pixel yes, one pixel no...., i.e. leaving one pixel 
between two samples, i.e. one in 2 which is equal to 0.5. 

Frequency can be expressed using different units. In the Nuclear Medicine literature it appears 
as cycles/pixel which is the same as px” , as cm” (1/cm) when converting the pixel to units of 
length and which gives a more "physical" idea as it indicates how many oscillations per cm 
must be generated to reproduce the profile of the original function. It is an absolute form valid 
for all cases and allows comparisons to be made. Nyquist-based ones, on the other hand, will 
basically depend on the sampling size. 

Following the example in figure 14.5.7 we also see that the maximum frequency of the 
"standard" organ does not reach the maximum that can be achieved with the matrix used. 
This, in turn, indicates that the sampling used (pixel size) is adequate, as it captures all the 
frequencies of the object. If the spectrum of the object were greater than zero for the Nyquist 
frequency, this would indicate that the pixel size was not adequate and that a smaller pixel size 
should have been used to increase the maximum sampling frequency and ensure that the 
entire spectrum of the organ was recorded. 

An example of undersampling is shown in figure 14.5.8 for images of a bar dummy sampled 
with 2 different matrices, one with a pixel size of 0.626 cm and one with a pixel size of 0.313 
cm. A bar phantom is used for 


px=0,313 cm 


Fig.14.5.8: Image and spectrum of a bar dummy acquired with two different pixel sizes 
corresponding to 128x128 and 64x64 matrices (Puchal 2007). 
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This makes interpretation easier, since it is an object with perfectly known frequencies (the 
frequencies of the bars). In the graph we can see that with px=0.313 cm the spectrum clearly 
shows four peaks corresponding to the four frequencies of the bars’’ . On the other hand, with 
a pixel size of 0.626 cm, only one of the frequencies is clearly detected, the one corresponding 
to the bars in the upper-right quadrant. It is clear that this second sampling has not been able 
to reproduce the whole spectrum of the object, which would consist of 4 vertical stripes at the 
following frequencies 


3/8"=0.952 cm = 1 bar every 2 x 0.952 cm = 1.904 cm > 1/1.90420.5 cm" 
1/4"=0.635 cm > 1 bar every 2 x 0.635 cm = 1.270 cm > 1/1.270=0.8 cm’! 
3/16"=0.476 cm => | bar every 2 x 0.476 cm = 0.952 cm > 1/0.952~1.0 cm! 
5/32"=0.397 cm = | bar every 2 x 0.397 cm = 0.794 cm > 1/0.794=1.3 cm! 


as shown in figure 14.5.9. 


3/16" 1,0cm* 


1/4” 
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Fig.14.5.9: Bar phantom, theoretical (dashed lines) and experimental spectra 


It is interesting to note how the spectrum of the quadrants, which should be vertical bars, have 
turned into spiky shapes. This is the translation, in frequencies, of the inability of the 
equipment to reproduce abrupt changes in the counts as generated by the bar dummy. What 
is detected is the distribution of the bars modified by the PSF of the equipment”®. 


14.5.4: Transmission of frequency amplitudes - "MTF". 

The PSF of a device has a corresponding frequency representation which is the so-called MTF 
(Modulation Transfer Function)’ whose principle is illustrated in figure 14.5.10. This function 
relates the modulation or contrast of the signals (amplitudes) before and after a detector 
device for each frequency. In fact, it makes explicit how all the amplitudes of the frequencies 
describing the object are transmitted to the image obtained from it. 


7 &\ small peak is observed at very low frequency ( < 0.1 cm" ) which is due to the edges of the plate 
image within the matrix.) 

7° An image is the convolution of the object by the PSF. The convolution product in frequency space 
becomes the ordinary product. 

” The MIF is the Fourier transform of the PSF profile. 
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Fig.14.5.10: Modulation transfer of a wave (from Cherry 2012) 
This function is obtained by means of the expression relating both modulations 


MTF(y\) = Mout (Y) 
Min (Y) 

The frequencies are not altered, only the amplitude of the sinusoids of each frequency is 
altered. The response for each frequency constitutes the MTF. Figure 14.5.11 shows 
schematically how the direct representation in the spatial domain (images) is related to 
frequency and MTF. The image corresponds to a succession of bars of decreasing width and, 
therefore, of increasing frequency (as more bars fit per unit of length). We see that as the 
frequency increases, the contrast between bars decreases (going from white to black through 
decreasing intensities), which is reflected in the central part that indicates the amplitude of the 
signal as the frequency increases. The MTF reflects how this intensity varies” . 


Spatial Domain A 
Frequency Domain B 
1.0 
C 
MTF 
0 
Frequency 


Fig.14.5.11: Correspondence between direct and frequency representation (VCU 2021) 


Remark: Recalling the analogy with music, it can be inferred from this how the sound recording 
and reproduction equipment modifies the sound "in vivo". On the one hand, there is the 
sampling carried out during the sound capture and recording and, on the other hand, the 
quality of the playback equipment. The flatter the MTF, the better the reproduction, as the 
weaker amplitude frequencies (low or very low amplitude harmonics) will be attenuated less. 


*° It is now understood why the frequencies of the bars in figure 14.5.13 are not straight lines but shapes 
resulting from multiplying the spectrum of a straight line (infinite frequencies) by the MTF. 
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Figure 14.5.12 shows the 3 MTF plots for a collimator placed at different distances from the 
radiation source. 
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Fig.14.5.12: MTFs of a collimator at three source distances (Cherry 2012) 


Figure 14.5.13 shows how the image deteriorates with distance and how this deterioration is 
reflected both in its spectrum and in the "direct" image. It shows the image of a brain phantom 
from a slice obtained with the same collimator at different distances. If we look at the spectra, 
we see that as the distance increases, frequencies are no longer transmitted (the spectrum 
cancels out). On the other hand, we see that for distance 0 the spectrum is significantly greater 
than zero, so the Nyquist condition is not fulfilled, according to which it must be possible to 
detect up to a frequency above which the spectrum is zero, which is not the case. This means 
that the image does not correctly reproduce what the collimator has let through 
(remembering the nomenclature of functions, the F*(x,y) is incomplete). A matrix with a 
smaller pixel size should have been used. 


Fig.14.5.13: Hoffman mannequin of a brain slice (Data Spectrum), planar images at 4 distances 
and their power spectra (Puchal 2017). 


It can be seen how the resulting spectra are the product of the corresponding MTF with the 
"theoretical" spectrum of the object as schematised in Figure 14.5.14. 
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Fig.14.5.14: Comparison of the frequencies involved in detection (from VCU 2021) 


These transmitted or detected frequencies are in turn modified by digitisation and it is on 
these "second frequencies" that sampling acts. Implicit in this is the fact that using a matrix 
with a smaller pixel size does not result in images that are closer to reality; they will be closer 
to what the collimator has shown. It is therefore necessary to adjust the sampling to the 
conditions under which the scans are made, mainly due to the loss of resolution with distance 
in the collimators. The sampling adaptation - pixel size - must be adapted to reality and the 
reality is that collimators, as we have seen, produce a loss of resolution or, to put it another 
way, decrease the maximum frequency that can be digitally sampled. In image space this 
means that the minimum detail that can be distinguished is the width at half height (FWHM). 
This makes the maximum "observable" frequency 1/FWHM and by applying the Nyquist 
condition it follows that 


so that 


Some authors advise to use FWHM/3 or FWHM/4 as Cherry 2012 and the NEMA standards for 
gamma cameras (NEMA NU1-2007) require the use of FWHM/5 when determining the spatial 
resolution. However, it should be borne in mind that on the one hand, digitising "more finely" 
only indicates that the image generated by the collimator is better reproduced, not the 
patient's information. For this, the resolution has to be improved and the distance has to be 
reduced. On the other hand, decreasing the pixel size worsens the statistical quality, as 
described below. 


14.6: Statistical aspects of image quality 


Imaging in nuclear medicine is an activity map. Each cell has to represent spatially the activity 
recorded in it. It has been previously described how the size of the cell must be represented so 
that there is no aliasing, and it has been seen that the smaller the pixel size, the better the 
activity distribution is reproduced. Now it is time to talk about the quality of this recorded 
activity. The number of counts that can be acquired is limited for reasons of radiological 
protection (dose limitation) and scanning time (basically to ensure that the patient has not 
moved). This limitation makes it necessary to strike a balance between the detail to be 
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achieved and the accuracy of the activity measured. Figure 14.6.1 shows 5 images 
corresponding to 5 acquisitions with the same number of total counts. 


32x32 

64x64 
128x128 
256x256 
512x512 


Fig.14.6.1: Variation of counts/cell with varying dimension. 


By doubling the dimension of the matrix the size of each cell/pixel is divided in two in each 
direction (row and column) so that the area is divided by 4 and consequently the counts of one 
pixel are divided by 4 pixels. It follows immediately that if the number of counts/pixel is to be 
preserved and thus the statistical quality of the images, the total number of counts must be 
quadrupled (Fig.14.6.2). 


32 x 32 64 x 64 128 x 128 


Fig.14.6.2: Image of a liver (Cradduck 1985) 


The statistical quality is parameterised by the signal-to-noise ratio (SNR) of the number of 
counts. A radioactive count is the result of a statistical process that follows a Poisson 
distribution so its uncertainty (standard deviation) is its square root. Noise is considered to be 


this uncertainty and therefore, if there are "n" counts in a cell, its signal to noise ratio will be 


n 
SNR=—==yn 
vn 


Since doubling the dimension divides the area corresponding to the pixel by 4, the activity n is 
also considered to be divided by 4, so that the new SNR is 


nH 
= 
=~ 
II 


Vn 
ny 


It follows that if you want to maintain the original signal-to-noise ratio you have to quadruple 
the number of counts nfrom nto 4n (Fig.14.8.3) 


vn’ 
a HS Vaon=4n 


Figure 14.6.3 shows how the quality of an image improves as the number of counts increases. 
Each quadrupling of the number of counts doubles the ratio between the signal and its 
dispersion (noise). 


4N 


16N 


Fig.14.6.3: Effect of the number of counts on the sharpness of a picture 


The total number of counts in an image N is the sum of the contents or values of all the cells in 
the matrix which is dim x dim= M 


M 
N=) n, 


i=1 


Since the sum of Poisson variables is also Poisson, it follows that the standard deviation of N is 
its square root 


o(N) = VN 
and since multiplying or dividing by a constant value, in this case the number of cells, does not 


affect its statistical nature M does not affect its statistical character, it turns out that the mean 
value also has by indeterminacy its square root 


_ N = = 
N=— o(N) =VN 
M 
The relative uncertainty is expressed in % as 


e[%] = 100 - YR. 100. 
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Preserving the additive character allows, for example, to perform (linear) operations on images 
without losing their statistical Poisson character. Reciprocally, a scan with "many counts" can 
be acquired by splitting its acquisition into a number of images with fewer counts that can be 
added together later. The fact that the cells can be grouped into Regions Of Interest (ROI) 
makes the counts of the ROIs Poisson (or Gaussian) and therefore their uncertainty can be 
easily calculated as the square root of the sum of their counts, which is important when 
calculating the uncertainty of quantities obtained from ROls. 

The statistical quality of nuclear medicine images is generally poor due to the low number of 
photons that compose them. To improve their statistical quality, several things can be done, 
such as increasing (up to a certain limit the dose of radioactivity administered to the patient), 
increasing the acquisition time, changing the collimator for one with a higher sensitivity (losing 
spatial resolution) or increasing the size of the matrix cells, adjusting it to the "real" working 
spatial resolution. 

If you want to obtain images with a predetermined uncertainty or statistical qualitye you will 
have to adjust the average number of counts in the cells and from here obtain the total counts 
as in the following example: 


6=5% =>N=400 >N = 1.6 x 10° in 64x64 matrixes 
6=5% =>N=400 >N = 6.5x 10° in 128x128 arrays 
6=1% =>N=10000 >N = 40 x10° in 64x64 matrices 
6=1% —N=10000 >N = 16 x10’ in 128x128 matrices 


Remark: In gamma camera quality checks it is customary to use 30 million counts (30x10° ) or 
120x10° counts instead of those obtained in the example. This is because the quality checks 
are performed in the field of view of the gamma camera (UFOV), which normally does not 
occupy the entire matrix. For example, a standard rectangular UFOV is a rectangle of 40 cm x 
55 cm. If the matrix covers a 55 cm square, the UFOV occupies 73% of the matrix, so the 
counts can be reduced by this percentage, which givese =1% 30x10° for 64x64 and 120x10° for 
128x128 matrices. If the field is circular, the UFOV represents 78% (z /4), so the quantities are 
31 10° and 12.5 10 10’ counts. 


14.7: Angular sampling 
Tomography, in this context, especially SPECT, consists of sampling a radiation emitting object 


by means of a detector rotating around it (Fig.14.7.1) and obtaining at each angle the activity 
profile. 
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Fig.14.7.1: SPECT acquisition (Cherry 2012) 


This angular sampling has to meet certain conditions so that what is detected and recorded is 
as faithful as possible to the original activity profile. Since SPECT uses a gamma camera that 
acquires a projection at each angle through a matrix, different cross-sections are obtained 
simultaneously, as many as there are rows in the matrix. In each row, a count profile is 
acquired. The set of profiles acquired at each angle forms a sinogram, with a sinogram for each 
row of the matrix. For these profiles to correctly reproduce the tracer distribution, two 
conditions must be met: one, that the linear sampling (in the matrix) is correct and that the 
angular sampling is also correct. If the angular sampling is correct but the pixels in the matrix 
are not, the result will have artefacts. 

Using the same reasoning as in the linear sampling case, i.e. that the angular sampling be such 
that the Fourier transform replicas of the count profile do not overlap so that there is no 
aliasing, we obtain that the number of samples or projections, i.e. the number of angles for a 
360° circular orbit® must be 


D 


ae 


N=u7 


where D is the diameter of the orbit to cover the area of interest and FWHM is the spatial 
resolution for the distance R=(D/2). Since the pixel size of the matrix (A or px) has to be at 
least FWHM/2 (applying the Nyquist criterion) it follows that 
m:D 

a a 
This is equivalent to say that the perimeter (z -D) must be N times the linear sampling. 
It should be noted that the number of projections is not determined by the matrix dimension 
but by the pixel size which in turn depends on how the radius can be adjusted during 
acquisition and that it should be borne in mind that the effect of sampling is manifested in the 
reconstructed image and therefore through a tomographic reconstruction method. 


Thus, for a brain scan, which has a diameter of about 160 mm, the reconstructed or 
tomographic resolution (other than planar) is about 8 mm. This value of the tomographic 
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FWHM should be sampled at least every 4 mm. This pixel size can be obtained with a 128x128 
matrix if the useful field (UFOV) is 400 mm (px=400/128). From this, the number of projections 
is (7 -160)/(8/2)~ 125 angles or projections for a 360° orbit® . 

In a cardiac scan, where the distance to the pivot axis is large due to the need to contour the 
thorax, the distance means that the tomographic resolution is of the order of 16 mm, which 
means that the pixel size has to be smaller than 8 mm. This is achieved if, using a gamma 
camera of UFOV=400, a 64x64 matrix (p =6.25 mm) is used. This case yields approximately 78 
projections for 360° as the heart is contained in a circle of 100 mm diameter (Fig.14.7.2). 


orbit 


Gamma camera head 


Area of interest 


thoraxcontour 


Fig.14.7.2: Schematic of acquisition in cardiology (from Hutton 1996). 


If an orbit of 180° is used, the number of projections is halved. This reduction in the number of 
samples, although always used in clinical nuclear cardiology practice for equipment 
performance reasons, is not entirely correct as the attenuation in one direction and direction is 
not the same as in the opposite direction, and therefore not symmetrical. Inhomogeneities 
(artefacts) have been described in images with a uniform cardiac phantom (Fig.14.7.3) 
simulating different positions of the heart with respect to the centre of rotation which would 
correspond to perfusion defects. 


so a a a: es a? ee 


Fig.14.7.3: Reconstruction with orbits of 180° and 360° (Liu 2002) 
In PET, the angular sampling is fixed by the number of "detector" crystals in the rings and is 


therefore fixed. Moreover, by the very essence of positron annihilation, the arc is 360° . The 
number of detectors varies according to the technology. In the "classical" photomultiplier 
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technology, there are about 600 per ring, and in those using SiPM about 4000. In the first case 
the pixel size is of the order of 4-6 mm and in the second of 3-4 mm in both cases the angular 
sampling condition is fulfilled considering that the diameter of the field of view is about 80 cm 
(~ 500 and 720 angles respectively). 


14.8: Angular sampling quality aspects 


A linear sampling of the wrong count profile, i.e. pixel size, generates artefacts in the 
tomographic reconstruction (Fig.14.8.1) also due to aliasing. That is, it is reconstructed from 
insufficiently sampled count profiles. It can be said that aliasing is transmitted in the 
reconstruction, it is not compensated. 


Ar=0.4cm 


Fig.14.8.1: Artefacts due to insufficient linear sampling in SPECT (Cherry 2012) 


Theoretically, i.e. if there were no attenuation, the arc length of the orbit could also be limited 
in SPECT. If not enough projections are acquired, artefacts due to aliasing appear as shown in 
Fig.14.8.2 and 14.8.3. 


Fig.14.8.2: Simulations of reconstructions at different number of projections of a brain dummy 
(Cao 1996). 
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Fig.14.8.3: Reconstructions at different number of projections (Cherry 2012) and (IAEA 2019) 


In order to be able to reconstruct the interior correctly, in addition to the number of angular 
samples, it is essential that sufficient angular information is obtained, i.e. that the orbit spans 
an arc to see "from enough sides" (Fig.14.8.4). If the object is ideal, as mentioned above, 180° 
is sufficient. If it is not, even if 180° is used as in nuclear cardiology, 360° is "proper". 


Fig.14.8.4: Artefacts generated by orbit length shortage (Cherry 2012) 


Finally, it is also essential that the object to be reconstructed is seen in its entirety, i.e. that 
there are no missing projections as seen in figure 14.8.5 in which the "patient" was displaced 
and was not seen in its entirety by the gamma camera (the study was "cut"). 


£2 


Fig.14.8.5: Artefact due to the gamma camera failing to detect part of the object during orbit 
(Cherry 2012). 
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Another artefact due to a lack of sampling occurs when a detector (e.g. a photomultiplier) 
stops working. A black line is observed in the sinogram which corresponds to certain pixels of 
the acquisition matrix line and is therefore always at the same distance from the origin (r in 
figure 14.8.6). It can be seen how a failure in a small area of the gamma camera UFOV has 
repercussions on the whole reconstructed section. It is quite incorrect in SPECT to make an 
acquisition by "dodging" the failing photomultiplier. 


Fig.14.8.6: Sinogram and reconstruction artefact due to an inoperative detector (from Cherry 
2012). 


14.9: Annex - Recovery of a sampled signal 


If a function is sampled f(x) with a minimum frequency equal to the Nyquist frequency, the 
original function can be recovered "exactly" by the expression given by the Whittaker-Shannon 
theorem. 

sinc (x — x;) 


FO) =) fa (ti) ——F 


L 

in which the summation is extended for all samples and whose scheme is presented in figure 
14.9.1°" . It can be seen that the sinc function is cancelled for all samples except for the one 
centred x; and multiplied by the value of the sample at position x; since it is worth 1 when x- x; 
is equal to 0. This "guarantees" that the "reconstructed" function has the value of each 
sample. The values between samples are obtained by summing the values of all functions. In 
principle, an infinite number of sinc functions are required, but in practice a few values are 
sufficient. 


** The function sinc(x) is a shorthand way of expressing the quotient sin(x)/x . 
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fin (Xj) -sinc(x-x;)/A 


Fig.14.9.1: Obtaining f(x) by summation of sinc functions according to Wittaker-Shannon 
theorem (from Barret 1981) 


In practice the samples have a certain extension" either temporally or spatially, a fact that has 
been mentioned above as "aperture=s ". This makes the values of the samples the average of 
all the "infinitesimally" separated values that make up the sample. Therefore, experimentally, 
one has a function f*(x) instead of the continuous f(x).The frequency spectrum of this function 
F*(v ) is cancelled for the same maximum frequencyVmax aS F(x), ie. when|v| is greater than 
B/2. F(v ) is obtained from F*(v ) by the expression 


F*() 
BOY) Se ae 
sinc(vé) 
If the sampling periodA satisfies the Nyquist criterion ande is very small with respect toA it is 


shown that F(v ) exists for all points (no singularities) and the original distribution f(x) can be 
obtained by the inverse Fourier transform. 
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15: Display of matrices: images 


The information contained in the memory cells that make up the matrices is numerical in 
nature, so its interpretation is not straightforward. To solve this problem, it has been resorted 
to generating images ("false colour") from the counts by (arbitrarily) mapping their values to 
grey levels or to different colours. False-colour images are generated in exactly the same way 
as, for example, the usual weather forecast map images. 


15.1: Colour assignment 

The assignment of colours is done by means of a correspondence between counts and colours. 
On the one hand we have a matrix whose values are divided between a maximum and a 
minimum value. On the other hand, there is a colour table consisting of a certain number of 
colours (8,16,32,256,...) that can be displayed simultaneously. 

The question is to assign colours to the counts. The most basic way to do this is to divide the 
range of counts in the matrix (maximum-minimum) by as many intervals as there are colours in 


the colour table. 


Fig.15.1.1: Assignments of 8 colours to counts 


Matrix Colortables 
max Values 


min K-(max-min)/8 


K: 1,2,...,8 


The correspondence between counts and colour intensity ("mapping") is usually linear, 
although it can also be exponential, as when there is a very high uptake (e.g. a retained dose at 
the injection site) that does not allow areas of reduced activity to be seen clearly (Fig.15.1.2). 


Colorlevel 


Countlevel Countlevel Countlevel 


Fig.15.1.2: Possible relationships between counts ranges and colours. 
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It can be also interesting expanding the colour gradation in a hyperuptake. Similar operations 
can be carried out, as will be seen below, while maintaining the linear relationship. 


15.2: Colour tables 


The colour coding used in nuclear medicine is a standard one called RGB (Red-Green-Blue). 
Each colour has an intensity that varies according to the number of bits in its coding. If 8 bits 
are used for each colour, there are 256 levels (2°) from 0 to 255, so there will be 
256x256x256=256° =16,777,216 different colours. Figure 15.2.1 shows the basic colours with 
their encoding from 0 to 255. 


Color (R,G,B) 


= Black (0,0,0) 


White (255,255,255) 
Red (255,0,0) 
Lime (0,255.0) 
Blue (0,0,255) 


Yellow (255,255.0) 
= Cyan (0,255,255) 
C4 Magenta (255,0,255) 

Silver (192.192.192) 
 cray (128,128,128) 

Maroon (128.0,0) 


Olive (128,128,0) 
Green (0,128.0) 


fe] Purple (128,0,128) 
Teal (0,128 128) 
Navy (0,0,128) 
Fig.15.2.1: Basic colours with RGB coding (from rapidtables.com) 
From all possible colours some of them are selected to form a colour table (Look up table: 


LUT). Nowadays all software manufacturers provide the same colour tables like Rainbow or 
Hot-iron as well as a grey scale as shown in figure 15.2.2. 


Fig.15.2.2: The same image displayed using 3 colour scales (Rainbow, Hot-lron, grey). 


In these figures, in addition to the images, the values to which the colours give rise are 
displayed. As can be seen, the allocation is completely arbitrary, as any colour can be assigned 
to the same number of counts. 
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Figure 15.2.3 shows a linear correspondence for a monochrome scale (in this case greyscale 
but could be any colour) and a correspondence between counts and colour composition by 
varying the levels of the basic colours R, G, B. In this case, it can be seen that blues correspond 
to low count values (B curve), the G curve (green) to intermediate counts which combined 
with the R curve gives yellows, with R being for the maximum number of counts. 


intensity 


Fig.15.2.3: Assignment of "false colour" to counts (monochrome, colour) 


The number of colours that make up a colour table is preset by the manufacturer depending 
on the hardware dedicated to image presentation. Nowadays it is common to use 256 colours, 
i.e. tables of 256 simultaneous colours are used. In the first computers, as was the case, for 
example, in the Gamma-11 computers, the tables had 16 colours, which caused them to 
appear as borders between areas of different colours that did not correspond to an important 
change in the number of counts. The increase in possible colours causes a gradation between 
levels as shown in figure 15.2.4. The colour assignment is done by dividing the interval of the 
number of counts (maximum-minimum) divided by the number of colours in the table. 


Fig.15.2.4: 2 colour tables of 16 levels and one of 256. 
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From Figure 15.2.4 it can be seen how, in principle, the same colours can correspond to 
different count levels as can be seen between the first two columns. 

Numerical example: Assume an acquisition where the maximum value is 2309 and the 
minimum value is 5. A 16-level colour table is used. This makes each interval of 144 . A cell 
with 720 will be represented with the colour number 5 (720/144) and a neighbouring cell with 
726 with the colour corresponding to level 6. If a table with 256 levels - with many more 
colour gradations - is used, the interval is of 9 , so it will be represented with a colour very 
similar to that of its neighbouring cell, from which it differs by 6 . 

Given the arbitrariness of the colours, it is customary to visualise the table next to the image in 
order to know at which relative level of (maximum, intermediate, minimum) any pick-up is 
observed (Fig.15.2.5). Note that this system is relative, i.e. if two matrices have a significant 
difference in they may generate the same image. The visualisation is always relative and 
approximate if the maximum and minimum number of is indicated. 


Fig.15.2.5: Images with LUT - side colour table (from Cherry 2012) 


Colour charts have an important influence on the interpretation of images. If the same colour 
chart is not used, it can lead to different assessments. This means that in multicentre studies, 
the same colour chart should be used in different nuclear medicine departments, and in the 
same department, it is advisable that different physicians use the same colour chart for the 
same scans. Figure 15.2.6 shows the same slices of a scan with four different colour charts. The 
changes in the images are remarkable. 


Fig.15.2.6: A scanning view with four colour tables. 
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15.3: Display manipulations 


It has been shown that visualisation is a way of representing the recorded counts. As these are 
recorded in the computer's memory, their "visual" manipulation does not alter the acquired 
image. The most common manipulation consists of altering the limits between which the 
intervals are obtained in order to apply the colour table. These manipulations consist of 
increasing the Lower Threshold (LT) so that the colour corresponding to the minimum number 
of counts is applied at a higher value than this. The other manipulation consists of decreasing 
the Upper Threshold (UT) so that the "maximum" colour is applied to a few counts lower than 
this one. Both manipulations allow to apply the whole colour table in a more restricted range 
(Fig.15.3.1). 


Inv stripe Inv overlay Piot 


Inv \stripe Inv overlay Piot 
Stripe: Rainbow #: 1 
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Fig.15.3.1: Operations on the lower (25%) and upper (75%) thresholds. 
The usefulness of these manipulations is to be able to stop seeing non-contributing and low 
activity cells, such as the background, by increasing the lower threshold and decreasing the 
upper threshold to saturate many cells and see low uptake lesions that were "invisibilised" by 
high activity cells. Figure 15.3.2 illustrates both effects. It is in fact a matter of increasing 
contrast by spreading the same "colours" over a narrower range of counts. We see that by 
raising the lower threshold, blue cells disappear. This effect is colloquially called "subtracting 
background" although nothing is subtracted, they are simply no longer visible. On the other 
hand, by lowering the maximum value, many cells that had a value somewhat lower than the 
maximum are "saturated", that is, they are assigned the colour of the maximum, which in this 
table is white. 
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Fig.15.3.2: Effect of lower and upper thresholds 
Numerical example: If the maximum number of counts is 2309 and the minimum 5, by 
applying a LT of 25% and a UT of 75%, the 256 colours of the table are linearly distributed 
between 577 and 1732. Apart from "disappearing" and "saturating" , each of the 256 colours 
corresponds to an interval of 5 counts instead of the 9 counts that would correspond to them 
without changing the thresholds. 
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Image grouping: acquisition studies 


The information necessary to obtain a diagnosis, such as studying the functioning of an organ 
or the distribution of a radiopharmaceutical, etc., means that the images obtained must be 
grouped according to what they are intended to find out. Likewise, in the case of tomographic 
scans, which are obligatory in PET, they must be reconstructed using programmes that allow 
corrections to be incorporated for defects or limitations generated in the equipment and in the 
patients. 


16: Image grouping. Types of studies 


Image acquisition in clinical practice has standardised forms that are used to form the studies. 
These forms are: 

Static and multi-static 

Dynamics 

Synchronised dynamics 

Tomography 

Synchronised tomography 

List mode 

The fundamental parameter of any acquisition is to adjust the detector to the energy of the 
photons whose distribution is to be imaged. 


16.1: Energy adjustment 


Common to all forms of acquisition is energy selection, which "simply" consists of setting in the 
acquisition computer the energy to be "tuned" and, if it is a radioisotope with different 
energies, which ones to use and how to use them. 

Today's cameras allow several images to be obtained simultaneously with photons from one or 
more energy windows, for example: 

-From one energy an image is obtained as shown in figure 16.1.1, where the window width is 
10% centred on the photopeak of *""Tc 


E=140keV(Te%™) = 10% 


-14 | +14 


E; 5 


1 window > 1 image 
Fig.16.1.1: Acquisition with an energy window 
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-From different energies, one or several images can be obtained. Photons with different 
energies can come from the same radioisotope or from several radioisotopes. In the case of a 
single radioisotope with photons of different energies such as °’Ga,’""In,..., a single image is 
obtained as the sum of the counts from the different windows, since separately they do not 
generate a usable number of counts (Fig.16.1.2). 


Ga-67 In-111 


Abundance 


350 400 (keV) 


Fig.16.1.2: Multi-window image formation (from Farncombe 2004 and Lu 2014) 


-From different radioisotopes whose images are acquired simultaneously, one for each 
radiopharmaceutical. One or both images can be from a sum of photopeaks as in Figure 16.1.3, 
where one image is obtained from *Tc and another from the "two" photons of *"In. 


3 windows > 2 images 
E=140keV(Te?™ 
E,'=171keV(In"') FE -=245keV(In!") 
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| 


Fig.16.1.3: Simultaneous acquisition of 2 images from 2 radioisotopes 
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An application of the acquisition of three images using three energy windows of the same 
radioisotope is used in the quality control of gamma cameras. A point source of °’Ga is used 
and three images are acquired, one for each energy. The position of the source in the three 
images must be the same. If it is not, it means that the calculation of the coordinates is not 
completely independent of the energy. This test is called multi-window spatial registration 
(NEMA NU-1 2001). 

Whatever the combination of energy windows, they have to be perfectly centred on the 
respective photopeaks. Figure 16.1.4 shows the positioning in two situations. One, when there 
is no scattering material, i.e. no patient, and the second with a patient whose body scatters 
the photons. 


“le 

WINDOW 

104 ————~ PRIMARY l4Qnev 
TOTAL 
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SCATTER 


No patient Scattered photons by the patient 
Fig.16.1.4: Images of 2 GE devices with 1 and 2 heads (from Sorenson 1987 and H.U.Bellvitge). 


The position of the energy window is fundamental for the correction of the acquired data. 
Although the energy windows are memorised in the acquisition computer, i.e. their centre and 
amplitude, it is essential to check at each acquisition that they are correctly centred, as it may 
happen that, due to a fault, the gamma camera does not provide the energy information with 
the same values as those with which the windows were calibrated. The windows are not self- 
adjusting. It is up to the operator to adjust them manually until the gamma camera is repaired. 
An error in the adjustment results in both a loss of counts because the window is not well 
"tuned" to the photon energy and an increase in the uncertainty of the coordinates which 
results in a loss of spatial resolution (see chapter 6). Figure 16.1.5 shows the effects of 
working with mismatched windows. 
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Fig.16.1.5: Image with photopic shift at 0%, 5% and 10% with % of counts missing. 
16.2: Static and Multistatic Studies 


A static acquisition consists of accumulating counts following 3 possible criteria or stop 
conditions: 

- Until a pre-set number of total counts is reached. 

- Up to a certain duration. 

- Up to saturation of a pixel (stop in "overflow"). 

Figure 16.2.1 shows the acquisition screen of a Philips 2-detector gamma camera. It can be 
seen that the acquisition is set to stop after 300 s (S minutes) or when each detector reaches 
1000 “kiloframes”. It is also seen that it will stop if any cell/pixel becomes saturated. As can be 
seen, the saturation value of 32767 counts corresponds to a 16-bit (2 bytes) signed matrix (a 
general purpose memory has been used which reserves one bit for positive or negative sign, 
which in this context has no application as the counts are positive. You can also select to stop 
the acquisitions when one of them satisfies your stop criterion. 


Saturation or overflow value 


Acquisition by time or counts " 
~ m= stop if overflow occurs 


Fig.16.2.1: Parameters of a static acquisition with 2 detectors 


The different projections of the same patient can be linked so that it is not necessary to enter 
the patient's identification data each time. These are multi-static studies. 

In this type of study, successive acquisitions can be stopped when the conditions set for the 
first image are met. In this way, images can be easily compared (equal number of counts, equal 
time, ...). 
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16.3: Dynamic studies 


Dynamic studies consist of sequentially acquiring images over time. The aim is to find out how 
a process (e.g. uptake and elimination) unfolds temporally. Acquisition can be done at 
different rates depending on what is to be studied. For example, in a renogram it is common to 
use 3 phases. A first very fast phase (1 image/second) to capture the vascular phase ("angio") 
during one minute, followed by a phase at 1 image every 10s for the renal part itself with a 
relatively fast evolution and a third phase at one image every 30s. The parameters that set the 
acquisition are the number of phases or intervals, their duration and the time during which 
each image is acquired at each interval. The duration of each interval is given by the product 
of the time of each image by the number of images. Figure 16.3.1 shows the sequence of 
images obtained in a renal performance study. It shows how the images are displayed 
sequentially in order to proceed to a first ocular inspection of the tracer evolution. 


time 


time 
Fig.16.3.1: Sequential images of a renal function study. The images follow the increasing order 
of time from left to right and from top to bottom. 


From these sequences by delimiting regions of interest (ROls), time activity curves are 
obtained. Figure 16.3.2 shows a 30-minute renal study with 4 ROIs (2 kidneys, bladder and 
vascular background) and the curves obtained from these areas. In this study, a single time 
interval of 30 minutes was used and each image was acquired for 20 seconds. 
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Fig.16.3.2: Renographic study obtained on an old Gamma-11. 


An example of a two time-lapse or two-phase renal study is shown in figure 16.3.3, where a 
first time-lapse of 1 minute duration at 1 image every second is used to observe the vascular 
phase followed by a phase of 1 image interval every 30 s for 20 minutes. 


1 min: 1 frame/s Angiographic phase 20 min: 1 frame/30 s 


Fig.16.3.3: Two-phase Renogram 


342 


It is important to bear in mind that in dynamic studies, images are acquired with no time 
between them. The time allocated to them is their final time, the time during which they have 
been accumulating counts. 

Remark: strictly speaking, the curves obtained do not show the evolution of activity over time, 
but the evolution of the sum of counts over time. This should be taken into account when 
applying theoretical models, such as the compartmental model, which provide expressions for 
the evolution of activity, not for the integral of activity. 


16.3.1: Dynamic acquisition synchronised with an external signal 

One of the problems or limitations of nuclear medicine is the low number of photons detected, 
mainly due to the low efficiency of the collimators. If you want to record a very fast varying 
process, it is practically impossible to do so. On the other hand, by putting the photons in the 
grid of a matrix, if the organ of interest moves, the image will be blurred because the photons 
will go to different pixels - close but different - depending on how the emitter moves. To solve 
these problems, gated synchronised acquisition was developed for Cardiology using an 
electrocardiograph. Currently, synchronised acquisitions are also performed with respiratory 
movement, especially in PET, to minimise its effects on the calculation of the SUV (Standard 
Uptake Value). In short, the aim is to obtain "still" pictures of organs that move and to obtain 
information related to this movement. 


Cardiac movement: 

The mechanical motion of the heart, i.e. the continuous deformation of the heart muscle 
between systole and diastole is reflected in its electrical activity. There is a strong correlation 
between the left ventricular volume and the electrocardiogram (Fig.16.3.4). 


left ventricular 
volume 


Flg.16.3.4: Correspondence between mechanical motion and electrical activity of the heart 
The movement of the myocardium is almost periodic, i.e. it repeats with a fairly stable 


frequency (except in arrhythmias). This translates into a repetition of the ECG cycle (figure 
16.3.5) approximately every 0.8 s for a heart rate of 75 beats/minute. 
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“0.85 
Fig.16.3.5: The time between R-waves indicates the heart rate. 
The purpose of synchronisation is to obtain a collection of still pictures, i.e. to accumulate 
counts during a time when the heart moves less than 1 pixel. In this way, the photons "fall" in 
the same pixel and the movement is not perceived. For this purpose, the time of the cardiac 


cycle is divided into intervals so that the "exposure time" of each still photo is the time of the 
heartbeat/number of intervals (Fig.16.3.6). 


| 
Finan 
ILA 


Beat time 
Fig.16.3.6: Division of beat time into intervals 


For example, with a beat time of 0.8s and 8 intervals, the time of each interval is 0.1s. On the 
one hand, the motion issue has been solved, but the counting issue remains to be solved. The 
solution consists of repeating the acquisition for many beats in order to obtain a sufficient 
number of counts in each "still photo" to be able to process it. The repetition is done in sucha 
way that in each cycle the counts acquired in each interval are added up as shown in figure 
16.3.7. 
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Fig.16.3.7: Schematic of the accumulation in a synchronous acquisition 


The parameters governing a synchronised cardiac scan are, in addition to the matrix and 
energy, the parameters themselves such as the number of images/cycle, the total number of 
cycles or counts, the percentage of tolerance to arrhythmias and the number of rejected 
cycles. 

Synchronous acquisition is used in nuclear cardiology to obtain 2 types of information from the 
heart. One is the pumping capacity and the other is the heart's own blood supply and 
contractility. A very common scan is to use red blood cells labelled with "Tc. In this way, by 
assimilating the volume of the left ventricle to the number of counts detected inside it, the 
ejection fraction is calculated, which is a parameter indicating the pumping capacity of the 
heart's blood. Figure 16.3.8 shows one such study using 16 intervals. 


telediastole Left ventricle telesystole 


Fig.16.3.8: Isotopic ventriculography in equilibrium 
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From these images the curve of the left ventricular count variation and from this curve the 
ejection fraction (EF) is obtained by different types of processing (Fig.16.3.9). This figure shows 
the relationship between mechanical contraction and its "radioactive" equivalent. 


left ventricular counts in each image 


Fig.16.3.9: Relationship between volume and counts in the left ventricle. 


If a radiopharmaceutical that binds to the muscle - myocardial perfusion - is used, as was 
traditionally 7" TI or those using "Tc, the technique of synchronised acquisition allows the 
acquisition of images with a large number of counts in each interval, which allows for detailed 
analysis of cardiac muscle motion. Figure 16.3.10 provides amplitude and phase images 
(parametric images) that report the amplitude of the motion as well as its uniformity and 
regularity. 


Rest ventriculography 


Amplitude 


Fig.16.3.10: Images of amplitude and phase of cardiac motion in a normal patient (Ortega- 
Alcalde 1994). 
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16.4: Tomographic studies 


Tomographic studies with a gamma camera consist of sequentially acquiring images around 
the patient following a given orbit. The aim is to find out how the radiopharmaceutical is 
distributed in three dimensions. In SPECT, this volumetric distribution is performed on the 
basis of images obtained at different angles, called projections. Sinograms are obtained from 
their rows. In PET the response lines (LOR) are arranged directly in a sinogram. The 
parameters that set the SPECT acquisition are: orbit type, orbit length (arc) 180° or 360° , 
initial angle, number of projections and time per projection . Figure 16.4.1 shows a sequence 
of 60 images acquired using a 360 orbit . ° 
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Fig.16.4.1: Tomographic study of cerebral perfusion by 360° orbit.° 


The type of orbit can be circular, elliptical or following the patient's contour, which is currently 
automatic by means of a contour detector or manual by marking points from which the 
equipment approximates a continuous orbit. The most widespread method of contour 
detection is by intercepting light beams between the ends of the collimators. Another system 
consists of detecting the disturbance produced by the patient's body of an electric field 
created by a device in the collimator. Contour tracking (Fig.16.4.2) allows the distance 
between patient and collimator to be reduced. 


Gamma camera 


Gamma camera 


Circular 
orbit 


Contoured 


Patient orbit 


Patient 


Fig.16.4.2: Two types of orbit in SPECT ( Cherry 2012) 
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In some gamma cameras it is possible to choose the number of counts per projection. 
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The advantages of this method become apparent in cardiac scans if the reconstruction method 
allows for resolution correction with distance. If this is not the case, according to Sholberg 


2006 contour tracking is of no benefit (Fig.16.4.3). 
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Fig.16.4.3: Reconstructed images from circular and contoured (w), non-contoured (wo) 


and circular orbit with resolution recovery (RR) (Sholberg 2006). 


The gamma cameras with 2 heads can work with the heads in parallel or perpendicular which 
is the standard way of acquiring cardiac studies with a 90° orbit° equivalent to a 180° orbit® 
with one head. . As already discussed in the angular sampling section, this acquisition is not 
ideal from a reconstruction quality point of view. Figure 16.4.4 shows the distortion and loss of 


resolution and deformation of cold lesions further away from the 180° orbit detectors. 


(a) (b) 


360 degree arc 180 degree arc 
General SPECT Cardiac SPECT 


360 degree arc 180 degree arc 


Fig.16.4.4: Distortions due to insufficient orbit (IAEA 2019) 
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In SPECT it is essential that the energy setting (position and window) are appropriate since 
tomographic reconstruction (all methods) amplify possible defects in the original images 
creating artefacts with circular symmetry. Figure 16.4.5 shows the consequences of a 
mismatch in the energy window in the projections. 


125 keV 140 keV 


140 keV 
Fig.16.4.5: Consequence of off-centre window in SPECT (IAEA 2019) 


Within the parameters that are set in the acquisition of studies, it is very important to adjust 
the time per projection to obtain maximum counts but adjusting it to the comfort of the 
patient if he/she is not immobilised. Figure 16.4.6 shows the effect of missing counts or "under 
statistics" in reconstructed studies. 


Fig.16.4.6: Effect of time per projection (number of counts) of projections on 
reconstruction (IEEE 2019) 
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16.4.1: Synchronised tomographic studies (gated-SPECT and PET) 

The tomographic acquisition can be completed with a synchronised acquisition, which consists 
of acquiring a synchronised cardiac study in each projection of the tomographic study. In this 
way, in a single scan, information on cardiac volume is obtained from the tomography and 
dynamic information from the gated acquisition. In order to shorten the scanning time to avoid 
patient movement, the number of intervals of gated acquisitions are few images (8,16). Figure 
16.4.7 shows the schematic of the combination of the two acquisitions 


Fig.16.4.7: Schematic of the gated-spect (Iskandrian 2015) 


Figure 16.4.8 shows the result of combining the two techniques. It shows the cardiac volume 
in end-systole (ES) and end-diastole (ED) ("gated"). 


Fig.16.1.8: Volume at end-systole (ES) and end-diastole (ED) by gated-spect 


On many occasions, if the counts acquired in each of the projections are not sufficient, the 
images from each projection can be "pooled", achieving a purely tomographic study. 


16. 5: Whole body studies (WB) 


Whole body" studies consist of acquiring images that represent an area larger than the gamma 
camera field by synchronising a translational movement of the head or the patient with the 
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line-by-line formation of the image (see section on whole body gamma cameras). The result is 
a matrix, usually 512x1024 pixels like the one in (Fig.16.5.1). 


Fig.16.5.1: Full-body image of a bone scan 


The acquisition parameters are the travel length and, very importantly, the translation speed. 
The speed determines the time during which the gamma camera accumulates counts. If the 
speed is too fast, the images are poorly defined, with a lot of noise. 

The anterior-posterior projections are obtained by minimising the distance between the head 
and the patient's body (manually or automatically) and the posterior projection is always at 
the minimum distance from the couch. 


16.6: Studies in list mode 


All the ways of acquiring scans seen so far involve a pre-recording process, which is the sorting 
of coordinates to form arrays. This process takes time, which can limit the number of recorded 
events. The formation of matrices can be very slow compared to the inflow of counts. To 
overcome this, the list mode consists of recording directly on a disk all pulses reported as valid 
in the detector (gamma camera or PET) sequentially, i.e. as they occur. In this way, once all the 
information has been acquired, it can be formatted appropriately. Thus, for example, if a 
dynamic study needs to be obtained at a very high count rate, counts are first acquired and 
then the images are generated from which to obtain curves. Figure 16.6.1 shows the basic 
acquisition scheme in list mode where only the coordinates and time are recorded. In SPECT, 
the angle of each projection is added for later reconstruction. 
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pene List Mode Acquisition 
Fig.16.6.1: Basic acquisition in list mode (Madsen 1994) 


In PET, each line of response (LOR) is stored together with the time. Once the whole study has 
been acquired, a rebinning is performed by accumulating LORs according to the desired time. 
In addition to the response lines, synchronism signals (cardiac, respiratory) can be recorded. 
The list contains all the information in sequential form so that you can do "whatever you want" 
with it, such as corrections, studies at different counting rates,... and the reconstruction 
algorithm (OSEM, MLEM...) is applied to this data. 


16.7: Recording of studies 


In principle, each gamma camera manufacturer uses its own format for recording studios 
following a logical structure consisting of a header with "administrative" data, a part with the 
acquisition parameters and a third part where the matrices or the list are recorded. The format 
in which they are encoded is specific to each constructor and is normally not accessible to the 
user (it could be called "raw"). This means that studies acquired with one manufacturer's 
equipment (e.g. Siemens) could not be processed by another manufacturer's equipment (e.g. 
Philips). Equipment built by third parties, i.e. companies manufacturing computers for 
processing (e.g. Ulysses, Segami,...) were obliged to have format conversion programs for each 
manufacturer of nuclear medicine computers. 

In order that the studies could be processed by all computers, a study recording format 
("Interfile") was created under the auspices of the European Union as an indispensable 
element for the quality control of nuclear medicine processing software (the COSTB2 project). 
This format had been developed by the users and therefore received very little support from 
the manufacturers. In parallel but somewhat later, based on the format used in radiology 
(ACR-NEMA), i.e. developed by the manufacturers, a new version of this format was developed 
to support "nuclear" images. This new "universal" DICOM format is common to all medical 
imaging modalities. This makes it possible to centralise all the images and reports generated in 
a hospital centre so that the doctor, using the same terminal, can view images of the same 
patient obtained using different technologies (CT, X-ray, etc.). This centralised file is called 
PACS (Picture Archiving and Communication System). 
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17: Tomographic Reconstruction - Problem Statement 


The objective of tomographic reconstruction in nuclear medicine is to obtain a volume 
estimate (3D) of the tracer distribution in the patient's body from the external detection of 
radiation at different angles. The radiation emitted by the radioactive source is modified by the 
patient's body (attenuation, scattering). On the other hand, detection is in turn modified by 
the spatial resolution and sensitivity of the detector. Furthermore, the final information 
depends on how it has been acquired (matrices, time, counts, projections, etc.), always 
assuming that the equipment does not introduce alterations that invalidate the hypotheses on 
which the reconstruction methods are based. To all these considerations, we must add a fact 
that characterises nuclear medicine in comparison with other imaging techniques, which is the 
low number of counts that are recorded and which are subject to statistical fluctuations due to 
their radioactive origin. All this makes the reconstruction of SPECT and PET tomographic 
studies a complicated problem. Moreover, from a strictly mathematical point of view, i.e. with 
perfect experimental data, tomographic reconstruction is part of the so-called ill-conditioned 
problems. This means that slight variations in the data can lead to disparate results. In the best 
case, very rough estimates are obtained with no absolute guarantee that what is calculated is 
what is actually inside the patient. The solution, i.e. the reconstructed slices, depends on all 
the corrections that have been taken into account, in short, on how they have been calculated. 


17.1: Problem statement. 
In order to define the problem of reconstruction from projections, the first thing to define is 


what projections are. Figure 17.1.1 shows how a projection or counts profile is obtained in 
SPECT. 


Counts profile 


Fig.17.1.1: Obtaining a profile of counts or projection p(x) (from IAEA 2014) 
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It shows how radiation from a patient section f(x,y) is detected in one of the rows forming the 
acquisition matrix. The detected counts in this row constitute the counts profile which in this 
context is called projection p(x) and which depends on the angle of the gamma camera 
(detection) to the patient. It is so called because geometrically it is the superposition of all the 
activity of a section f(x,y) in a certain direction or angle. In this figure the projection is drawn 
fully PA, i.e. at 180° with respect to the origin of the angle of rotation of the gamma camera 
head. Figure 17.1.2 shows how the projections of a given section of an object vary according to 
the angle at which its radiation is detected. 


count profile at 
different angles 


(0,0) 0° 


Fig.17.1.2: Evolution of the count profiles (projections) as a function of the angle around the 
patient (From Cherry 2012) 


The aim is to determine the distribution of activity within this section (2D) from the profiles 
which are curves in one dimension (x) obtained according to many angles of a 360° arc (in 
nuclear cardiology, 180° orbits are used "to go faster" even though it is known that the 
reconstruction, although clinically acceptable, is not as good as it could be). 

The question is to convert an activity that occupies an area®’ into a collection of curves one 
pixel thick. The most straightforward would be to specify the coordinates of the origin of 
coordinates for each angle with respect to the centre of rotation and then give the coordinates 
of each point of the profiles with respect to their respective axes as illustrated in Figure 17.1.2. 
This is very cumbersome because to, for example, add two values located at the same position 
but from two different profiles would require 6 values (4 for the coordinates of the two origins 
and 2 for the position in each profile). This is absolutely impractical. In order to be able to treat 
all profiles as simply as possible, it is necessary to use only one reference for all curves. For this 


3 In fact, a section is a surface of thickness equal to the thickness of the cells of the acquisition matrix 
("thin slice"). 
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purpose, polar coordinates are used, which consist of assigning each point a distance to a 
reference centre and an angle. In this way, a point in the same position on the different 
profiles differs only by the angle, as shown in figure 17.1.3. 


Fig.17.1.3: All points at equal distance from the origin are on the same circumference™ . 


The profiles are named in such a way that they include the angle and the coordinate of the 
position, for example py (x) or py (r) or p(x, ), plr,d ) , po (t)... to indicate the double 
dependence of each value of the curves. However, in order to be able to calculate the values 
of each curve, it is necessary that, in an easy way, all the points of all the profiles are in 
function of the same location system, that is to say, of common coordinates. The origin of the 
distances is the centre of rotation in SPECT or the centre of the field in PET. In PET the 
different angles are given by the angular position of the detectors in the tomograph. 


17.2: Mathematical formulation of projections 


It has been shown that the projections are the profile of the counts obtained from a thin 
section of the patient's body. Each point in the profile is the sum of all the activity emitted 
along a straight line in the theoretical ideal case. 

The value of a point in the projection is mathematically formulated as the integral, i.e., the 
sum, of all activity emitted in that direction along a straight line L(O ,t) (Fig.17.2.1.). The 
mathematical expression is 


pe(t) = $ apf 4 


where dl is the differential of length and f(x,y) is the activity along the line L(6,t) y §, he 


co,t) * 
integral along the line. 


%* It should be noted that there is a difference of 90° between the orientation of the head and the 
orientation of the profile axis . 
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Fig.17.2.1: Obtaining a point from the count profile 


The set of all points formed from all positions according to the parameter t, i.e. what would be 
the pixels of a given line, forms the so-called Radon transform (R) of the distribution f(x,y) 


according to a direction (0 ) (Fig.17.2.2). 


Projection p,{t) 


Fig.17.2.2: Obtaining the whole count profile-Radon transformation 


Note that the Radon transform for a given angle is nothing more than the count profile that 
would be obtained by a rectangular region of interest one pixel wide in the same direction. 

The set for all angles of the Radon transforms form the sinogram which is the image formed by 
all profiles ordered by angle (Fig.17.2.3). The Radon transform R applied to f(x,y) generates the 


sinogram Rf(O,t)*° =Po(t). 


R(fix, y)J=Rf(@t) 


f(y) 
0 


Fig.17.2.3: Sinogram of a slice f(x,y) is the Radon transform of f(x,y) 


* Mathematically:R[ f(x, y)] = Rf(@,t) = Pa (t) = se f(x, y)6(x cos@ + y sen@) — t)dxdy 
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17.3: Sinogram 
Despite the seemingly complicated mathematical formalism, a sinogram is nothing more than 


a summary of how the activity of a slice varies around the patient. Each line of the sinogram 
corresponds to one of the angles (Fig.17.3.1). 


SINOGRAM 


Angular sequence of the projections 


Once a row (section/slice/cut) is set, 
for each projection (angle), 

the number of counts along 

the row (profile) is obtained. 


posicion 


nogram 


Fig.17.3.1: Process of obtaining a sinogram 


A widely used numerical phantom is the so-called Shepp-Logan phantom whose image and 
sinogram are shown in Fig.17.3.2. 
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Fig.17.3.2: Shepp-Logan dummy and its sinogram (scikit-image 2021) 


An example of sinograms obtained from two slices of a clinical brain perfusion scan is 
presented in Fig.17.3.3. 
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Fig.17.3.3: Sinograms of two different slices of a real study for the same projection (angle). 


In PET, the response lines parameterised by their distance to the centre of the field and their 
angle (Fig.17.3.4) are acquired directly and the sinogram of each slice (in 2D), which is its 
ordered representation, is obtained directly. 


r 0 


Counts detected in the ¢ direction 


Counts= number of LORs 


j r=distance to the center of the detector 


IdentificationofeachLOR — 
| @ = direction 


Fig.17.3.4: Obtaining the PET sinogram 


It is very important to be clear that SPECT and PET are based on sinograms. In SPECT these are 
obtained sequentially as the heads rotate and in PET simultaneously (Fig.17.3.5). 
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sinogram 


Fig.17.3.5: Sinogram equivalence in SPECT and PET. 
17.4: Obtaining projections from a volume 


The actual distributions are in three dimensions but, except in the case of PET, where 
reconstruction can be done directly in 3 dimensions (see for example Bendriem and Townsend 
1998), the whole theory is based on 2 dimensions. The method to go from 3D to 2D is simple. 
The question is to consider that a volume is made up of a succession of slices as shown in 
Fig.17.4.1. It shows the scheme of how this simplification is produced in slices®’ whose 
thickness depends on the dimension of the matrix used in the acquisition®’ . Thus, if a 128x128 
matrix is used, the detected volume is considered to consist of 128 slices of 1 pixel thickness. 
As the acquisition is performed around the patient, the 128 slices correspond to the 128 rows 
of the matrix. As the columns are oriented along the rotation axis, they do not play a role in 
the reconstruction, but they do play a role in the reconstitution of the volume. Like almost any 
simplification, this fragmentation considers that the slices are independent of each other, 
when the reality is that activity, attenuation, resolution and dispersion connect the slices to 
each other. However, this simplification has proved to be very fruitful with excellent results. 
The reconstruction is done on each slice, generating an image, which is then "stacked" to form 
a three-dimensional matrix. The sagittal and coronal slices are obtained directly from this 
matrix. 


%° It would be like reconstructing the entire crumb and crust of a loaf of bread from its slices. 
*7 In the reconstruction programmes, the width of the slices can be chosen as multiples of 1 pixel. 
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Fig.17.4.1: Schematic of the reconstruction of a volume from 2D reconstructions 


Tomographic reconstruction consists of inverting the process by which the projections, i.e. the 
sinogram, are obtained. Mathematically, it is a matter of inverting the Radon transformation. 


17.5: Discrete representation of the process to obtain the projections 


Computers, because of the way they operate digitally, cannot exactly represent values from a 
continuous distribution (in the mathematical sense) but process these quantities in a 
"discrete" form, i.e. at intervals. As described above, an example of discrete values are those 
obtained through sampling, such as the matrices acquired in a gamma camera, the images that 
represent them or the sinogram obtained from a tomographic scan. 

Thus, the discrete form of the projections Ps, (t) is expressed as matrices P(@ ,t) where 9 has as 
many values as the number of angles used in the angle sampling (number of projections: Nog ) 
and t as many values as the dimension of the matrix used for the spatial registration (linear 
sampling). The sinogram will be a matrix of as many rows as angles (Ng ) and as many columns 
as the dimension of the matrix (dim). 

Mathematically a (2-dimensional) matrix can be considered both as a "rectangle" of numbers 
and as a vector or "sequence of numbers" by putting each row of the original matrix "one on 
top of the other". A matrix, for example of dimension 2x3 which has 6 elements, its vector 
form will also have these same elements: 
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In the present case, the sinogram with® No rows and dim columns becomes a vector such that 
the first dim elements correspond to the first angle@,; , the next dim elements to the second 
angleQ, ,..., up to the dim elements of the row Ono 


P(@,,1) 
P(O;,2) 


P(6,,1) P(@,,2) + ~~ P(0,,dim) P(0,,dim) 


P(Oy,+1) 
P(Ov,) 2) 


P(At)= = =P(i) 


P(Ong»1) P(Ong2) +++ P(On,, dim) 


POy,,dim 


where i=(0 -1)-dim + t, varying between 1 and No -dim. With this nomenclature, the activity 
within the patient is transformed from a 2-dimensional matrix to a 1-dimensional vector 


f(.2) 


fan fa2)  « ae f(1,dim) 


: : : =F(j) 
f (dim, 1) f(dim,2) + (dim, dim) 


Fos) Fmt) =( ; 
f(dim, 1) 


f(dim, 2) 
f(dim, dim) 


where j= (m-1)-dim +l varying from 1 to dim-dim. To simplify the notation we consider 
M=dim-dim and N= the total number of elements of the projections = dim: No. 

Thus the formation of the projections P(i) from the unknown slice F(j) is posed as a product of 
matrices 


Po = Ro[F] 


where Ro is the matrix form of the Radon transformation which is called the forward projector 
operator having N rows and M columns. The elements of the operator r; are the result of 
applying the discretised variables x, y, t and angle (0 ) to the Radon expression. For example, 
an acquisition with 120 projections and an acquisition matrix of 128x128 corresponds to each 
slice a sinogram composed of 120 rows of 128 elements, i.e. 15360 values arranged in column 
form. The matrix to be obtained is 128x128, which corresponds to a column vector of 16384 
elements. The operator/matrix that allows the sinogram to be obtained from the unknown will 
be a matrix of 15360 rows and 16384 columns. 


M1 7" Ty 
Rg = : se : 
Ty1 ** TNM 


Thus, by applying the expression for multiplying matrices in algebra, we obtain that each value 
of the projections is calculated as 


88 Dim is the dimension of the matrix: 64,128..... 
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M M 
mO=m=) my fO=D wh 


j= 
having simplified the notation by not showing the angle dependence 0 of the r;, and shortened 


the notation by eliminating the brackets. The rij values represent the contribution of pixel j of 


the image we want to reconstruct to the value i of the projection. This contribution is 
statistically interpreted as the probability that a photon emitted at point j of the slice (a pixel) 


contributes to the counts detected at point i of the projection (bin). 

According to the strict interpretation of the Radon transformation® , these coefficients could 
only be 0 or 1 because of the Dirac distribution 6 (1 if they are on the projection line, 0 if they 
are not). This is still an approximate model to reality that does not take into account that the 
dots are "fat" which makes only a part of their content contribute to the projection, and that 
the photons are attenuated in the patient, so it is not a direct sum since some possible 
contribution "disappears" on the way to be detected. In addition, not only those aligned in its 
perpendicular reach the same bin” but also those scattered by the detector (collimator, 
photomultiplier,...) through the PSF and scattered in the patient by the Compton effect. All 
these factors make the rj vary between 0 and 1. 


17.6: Modelling 


Modelling consists of reproducing the process from the emission of a photon to its 
incorporation into a bin. As effects are incorporated, the model becomes increasingly complex. 
The basic "inescapable" model is the one that incorporates the geometry, i.e. how values are 
assigned to the bins due only to the relationship between the direction of the projection and 
each image cell. The activity of each cell is considered constant within the cell and the activity 
emitted from a given pixel into a bin is proportional to the common area between the pixel 
and the "ray" perpendicular to the bin. (Fig.17.6.2) 


Bin size 


Pixel “j” Ray perpendicular to bin “i” 


Fig.17.6.1 Contribution of each pixel "j" to a bin "i" (from Falcon 1999) 


*° The Radon transformation is the ("ideal") skeleton to be completed in order to approach "reality". 
Radon approached it as a mathematical transformation without thinking about its application in 
tomography! 

°° A "bin" is a shorthand way of saying "an element of the projection vector". 
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The coefficients rj, in this model only express the probability from the geometry. In processing 
computers this is the basic mode which, logically" cannot be chosen” . 


17.6.1: Geometric aspects in SPECT 

Example: Let us consider an image of dimension 3 (3x3) whose 9 elements f1,f2,...,f9 have to 
be calculated from the projections at 8 angles. In this example 8 projections are considered, 
one every 45° (0° ,45° ,90° ,135° ,180° ,225° , 270° , 315° ) and with vectors of the projections 
of 3 elements (P1,P2,P3), (P4,P5,P6), ...., (P22,P23,P24). Figure 17.6.2 shows the corresponding 
scheme. 


6=0° 


§=180° 


Fig.17.6.2: Arrangement scheme of 8 projections of a 3x3 matrix. 


From this scheme we obtain the values of the projections for 8 =0° which are the sum of the 
activities in this direction. 


P1=f1+f4+f7 
P2 = f2+f5+f8 
P3 = f3+ fo+f9 


In the form of products of matrices these 3 sums are expressed as 


P, 100100100\ | fa 
P,)={[ 010010010 }} fs 
P3 001001001 


** As will be seen in the description of the filtered back projection method, where the ramp filter is not 
optional, geometric modelling is not optional here either. 
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In this example (0 = 0° ) the values involved in the sums are 1 and the rest are zeros.” 
P1=r1,1:f1+0+0+471,4:f4+0+0+r1r1,7-f7+0+0 
P2=0472,2:-f2+0+0+4+72,5-f5+0+0+72,8-f8+0 
P3=04+0+473,1:-f3+0+0+73,6:-f6+0+0+4173,9- f9 


For the 8 projections as a whole, these sums are generally expressed as 


17,271,371,41,511,6'1,71,8"1,9 f3 
12,112,212,312,412,512,612,712,812,9 fA 
73,173 273,373,473,513,613,773,813,9 


124,1124,2124,3124,4124,5124,6124,7124,8124,9 


Equivalently for the case of 8 =45° , the values of r;; have to take into account a somewhat 
more complicated geometry involving cells aligned at 45° as shown in detail in figure 17.6.3. 


4 
yy 7 
ia 


Fig.17.6.3: Schematic diagram of 45° projection formation 
With this configuration the values of the elements of the projection vector are given by 


P4=74,1:f14+7r4,2-f2+04+7r44:f4+0+0+0+0+0 
P5=0475,2:-f2+4+75,3-f3+75,4:f4+r5,5-f5+7r6,6-f6+7r5,7-f7+75,8-f8+0 
P6=0+0+476,3:f34+0+0+4+76,6-f6+0+76,8-f8+79,9- f9 


where ri,j depend on the proportion of the area of each cell that is part of the corresponding 
ray” . Thus, in this case the proportions of the areas are 0.875, 0.5 and 0.125 so that the 
matrix of the projector operator R for 45° 


For simplicity and clarification of the nomenclature, rjhas been written as,,; or as r i,j 

°° This is one of several ways to assign a probability to a cell fraction. In this example the rays intersect 
according to a central diagonal which makes the probability 0.5 or by the centre of the faces which 
implies a probability of 0.125 or 0.875 depending on the area. 
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1001001000 
0100100100 
001001001 
R= 0,875 0,5 0 0,5 0,125 0,875 0,125 0 


12.4,1124,2124,3124,4124,5124,6124,7124,8124,9 


17.6.2: Geometrical aspects in PET 

Following the same example but in PET, the "counts" are obtained by coincidence between 
pairs of opposing detectors (Fig.17.6.4), which in this example only consider those directly 
opposite each other (diametrically opposed). 
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Pret) “parh] pI*y 
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Fig.17.6.4: PET detection scheme 


The activity detected in the projection to 8 =0° due to each cell involved in the LOR of P11 is the 
product of the activity detected in the two opposite directions since they come from the same 
annihilation, so that the counts generated from f1,f4 and f7 are given by 


P1, = Pi - P13" 
P14 = P14,- P13" 
P1, = P15 - P13 


In turn, each of them is the sum of the photons emitted from the other cells so that the LOR 
corresponding to P1 is the sum of the partial counts of each of the cells (1,4, 7) for P1, (2,5,8) 
for P2, (3,6,9) for P3. Thus 

P1=P1,+P1,+P1, 

P2 = P2,+ P2, + P2, 

P3 = P33 + P36 + P39 


These sums are translated, as with SPECT, into a matrix expression involving geometric factors 
or, equivalently, indicate the probability that a pair of photons emitted from pixel i will reach 
the two opposing detectors for detection. It is assumed that there are no collinearity 
deviations and no attenuation. This dependence, in the general case, is modelled by a 
trapezoid-like function (Mumcouglu 1997). 

In our small example this expression can be put as, with the appropriate ri,j 
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fl 
f2 
3 
M1 00 % 2 00 %3 00 5 P; 
0 122 00 124 00 12.8 0 . f5 i P, 
00 733 00 73,60 0 739 fo 
f7 
f8 
f9 


Figure 17.6.5 illustrates how the coefficients can vary as a function of offset from a central 
pixel/voxel when taking into account the solid angle subtended between 2 opposing detector 
pairs and the emission point of the two photons. 
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Fig.17.6.5: Probability values (rj, ) (Qi 1998) . 


17.6.3: Inclusion of the attenuation in SPECT 

The first "refinement" to make the model closer to reality is to incorporate the attenuation in 
the patient. To do this, it is necessary to know the distribution of the linear attenuation 
coefficients (u ) in the patient. These values are currently obtained through CT equipment 
incorporated into PET and SPECT detectors and also, although not definitively resolved, 
through MRI. CT scanners provide the values in Hounsfield units which are converted to cm” 
according to the energy of the radiation detected. 

The weighting factors depend on the attenuation coefficients of all pixels travelled by the 
photons until they hit a bin. Therefore, they also depend on the distance travelled between 
the emission and the detector (it is always assumed that the air between patient and detector 
does not attenuate the radiation). This dependence on the distance travelled is mathematically 
expressed as 


k= 
[= Ip i e Uk=1 kl, 


where Ip denotes the intensity emitted by a point inside the (x,y)-coordinate patient, k 
denotes all pixels travelled from the emitting point to the outside (in a straight line),u, the 
linear attenuation coefficient of each k pixel, l. the length travelled within pixel k e J the 
detected activity. This expression is the application, at each pixel, of the attenuation law. 

The activity of each bin is the sum of the attenuated activities as shown in Fig.17.6.6 for the 
case of beam perpendicular to the bin. Each element of F(x,y) contributes to a given bin 
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through attenuation due to the tissue sequence. The total activity in the bin will be the sum of 
the attenuated activities of all image elements projected into the bin. 


F(x,y) 


rT 


F(x,y)[exp(-t11-L);exp(-112-2L)-exp(-.: 3-L)sexp(-; “2l)pexp(-L15-L)] 


0,9 0,6 0,4 0,25 0,1 


Fig.17.6.6: Sum of attenuated activities in a bin (derived from Falcon 2007). 


In general, a bin is formed from the attenuated radiation of different pixels F(x,y) according to 
the angle of the projection, each one contributing its activity suitably attenuated. 

The attenuation of the radiation by the tissues is carried out by quantum mechanisms totally 
independent of how the detection varies according to the angle, and the attenuation 
coefficients do not depend on the intensity of the radiation, so they are independent of it. It 
follows that they are statistically independent so that the probability of the joint effect of the 
two processes will be the multiplication of the respective probabilities. The matrix R is 
considered to be formed by the multiplication of a geometric "R" and an attenuation "R". 

The attenuation involved in the formation of the projections is calculated by applying the 
definition as given in figure 17.6.6 according to which the photons emitted in a cell are 
attenuated as they travel the whole distance to the outside. For SPECT, continuing with the 
example, we assume that each cell has a different attenuation coefficient (Fig.17.6.7). 


8=0° 


f1, p01 | f2, pt2) F3, p13 
f5, 15] f6, 16 


£7, 07}f8, [18 


Fig.17.6.7: Distribution of attenuation coefficients 


These attenuation coefficients modify the values of the projections according to the following 
expressions since in this example (@ =0° ) the geometrical factors (r;; ) are either 1 or O. 

The factors attenuating the emission from each pixel j to the projection i form the attenuation 
matrix Ai,j whose elements are for the projections P1,P2,P3 
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Ai = eH! Ava = e 14H 4) Ai7 = e H1+n4+u7) 
Az2 = e 2 A25 = e (2+uS) Ao = eo (U2+u5 +u8) 
A32 = e #3 A3 6 = e (uU3+H6) A39 = e (U3 +H6+H9) 


In these expressions, to simplify the writing, the pixel size is taken as unity. In fact each 
exponential is e~“! where | the path within each pixel. Grouping the exponentials results in 


PLY=f,-Arit+fa-Aratf7° A17 
P2* = f2-Az2+ fs:Ars+ fe: Aze 
P3* = f3-A33 + fe-A36+ fo: Azo 


However, these sums can also be expressed in matrix form so that 


100, /1 
010\/ fh 
001 || fa 
PY A,190A,400A1600\] 100 ]] fa 
Px )=[ 04,,0042500A2,0 |] 010 || fs 
Pp 00A3300A3600A39/} 001] fe 
100 |] £ 
010/| ¢, 
001/ \x¢, 


The matrix representation of the attenuation in SPECT is complicated because, as can be seen 
in the above expressions, the contribution of each cell is different depending on its position 
since each radiation source f contributes both directly and through intervening emitting 
points with their attenuation coefficient. 

The attenuated contributions are in turn modified by the angular position of the projections as 
seen above, so the describing or modelling matrix is the product of the geometry-dependent 
matrix R by the attenuation matrix A. 

This way of proceeding is called factorisation. It involves combining the intervention of each 
step involved in the formation of the image, modelling each of them, in a matrix form, 
separately. This allows, as will be seen in the reconstruction chapter, to make the corrections 
more flexible by being able to voluntarily include or exclude them. 


17.6.4: Inclusion of attenuation in PET 

PET allows a simpler representation as the attenuation of the LORs does not depend on the 
specific point where the photon emission has occurred, but on the distance travelled within 
the patient's body, which is translated into a diagonal matrix for each projection (angle) 
(Fig.17.6.8). 
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Fig.17.6.8: PET detection incorporating attenuation 


From the expressions obtained in the geometrical description, the attenuation is incorporated, 
resulting in the following for element P1 


P1, = P1i + Piy* = f1- e7#1- (e744 - e #7) = f1- eG tea tH) 
Pi, = P1} P1j* = f4- e7#1 e-#4 e #7 = Ff 4. e HitHatH7) 
P1, = P13: P15* = f7- (e7#1 » e-#4) eH = f7- eH tHatH7) 


P1,, P1, and P1;7 contribute to the same LOR P1. The same is true for P2 and P3. Each LOR has 
its own unique attenuation equal to that of all elements traversed. 

The attenuation in the 3 components (P1, , P1, and P1, ) is the same so it can be called tp; and 
the value of P1 will be given by 


P1=(f1+ f44+ f7)-e%P! 
Equivalently for P2 and P3 


P2 = (f24+ f5 + f8) + eHr2 
P3 = (f3 + f6 + f9) + e-HP3 


being 
Hp, = Hy + 4 + Hy 
Hp2 = M2 + Us + Ug 
Hp, = U3 + Ue + Uo 
Each LOR is assigned its attenuation factor as 
Pie #P1 
P27 e HP2 


P3 > e #3 


The attenuated LORs (P’) are given by a diagonal matrix. 
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Py e#?P1000..00000 P1 


P, 0 e#200...000 00 P2 
P’, |=| 00 e?30..00000 |:| P3 
Po 0000...00 0eH?24/ \p24 


17.6.5: Inclusion of detector response in SPECT 

The second "refinement" is to take into account the response of the detector to a point activity 
given by the PSF. The point is to introduce the PSF into the calculations. In SPECT, the PSF is a 
distribution of values, considered to be Gaussian in shape, whose width varies with the 
distance between the emitting point and the collimator (Fig.17.6.9). In SPECT, this PSF is 
considered to encompass also the response of the detector, the penetration of the septum 
walls ... 


detector ——} mM. collimator 


Emitter points 


Fig.17.6.9: Variation of dispersion (PSF) with distance (from Falcon 1999) 


In PET the PSF depends, among other factors, on the separation from the centre of the field. 
In both cases it also depends on the structure of the detectors. Figure 17.6.10 schematically 
represents a PSF that is generally considered to be symmetrical. The PSF indicates how the 
photons are distributed as a function of the distance to the perpendicular of the emitting 
source. Its area is normalised to 1 to indicate that it does not falsely introduce counts (or lose 
them), i.e. it retains the intensity of the source but instead of being concentrated at one point 
it is spread out. The PSF therefore modifies the emitted distribution by diffusing the activity. Its 
effect is described by the convolution product. In fact, a PSF acts as a smoothing filter, 
attenuating/removing high frequencies (the narrower a PSF is, the more faithful it is to the 
target distribution by allowing higher frequencies to be reproduced) (Puchal 2019). Figure 
17.6.10 shows a PSF modelled according to a Gaussian, which is a very common 
approximation. 


Fig.17.6.10: Gaussian PSF (Lyra ) 


371 


The profile or slice of a "real" star-shaped Gaussian PSF due to the penetration of the septa is 
shown in Fig.17.6.11 as digitally translated. 


Fig.17.6.11: Profile of a PSF and its digitised values (0.4, 0.2, 0.06,...) (from Falc6n 2007, Cherry 
2012 and Siemens). 


If a point is detected as a distribution of values (PSF) what must be done in the modelling is to 
take into account that the projections come from point sources modified by the PSF. Figure 
17.6.12 indicates that different points of the projections come from the superposition of the 
displaced neighbouring PSFs, an operation called convolution product. 


Fig.17.6.12: Overlapping counts due to overlapping PSF (Falcén 2007) 


Following the same example used above, we assume a 3x3 pixel image and a 3-point PSF 
whose weights (k1, k2, k3) add up to 1 for a given distance (Fig.17.6.13). 
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Fig.17.6.13: Application of the PSF by displacement (convolution) 


From the object values (f1,f2,f3) new values (g1,g2,g3) are obtained by convolution with the 
PSF (k1,k2,k3) for a given distance. 


gl =f1-k2 + f2-k3 
g2=f1-k1t+f2-k2+ f3-k3 
g3 = f2-k1+ f3-k2+ f4-k3 


These expressions can be considered as coming from the product of two matrices. One 
consists of the weights of the PSF and the other of the values on which they act. 


k2 k3 0\/f1 gl 
k1 k2 k3){ f2 |=([ 92 
0 k2 k3/\f3 g3 


In this case, we see that the PSF "mixes" the values laterally, which causes the original values 
to be “smeared”. 

Given that the three factors studied are independent of each other, the overall effect is given 
by multiplying the matrices that ultimately express each probability. The values of the 
projections (P1,P2,P3) are obtained using the values g1,g2,g3 instead of f1,f2,f3. 

It can be seen that the final values of the projections are the result of composing the different 
factors included in the model. Except for the attenuation correction, which obviously depends 
on the patient, the factors that only depend on the equipment are usually recorded by the 
manufacturer in the same gamma camera or PET tomograph, thus speeding up the 
calculations of the iterative reconstruction (Fig.17.6.14). 
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LOOK-UP TABLE 
(detector response function) 


projection 

rays 

Fig.17.6.14: Table of correction factors as a function of the distance to the collimator that are 
pre-recorded in a table (Tsui 1988). 


Figure 17.6.15 shows an implementation of the variation of the PSFs with distance and how it 
is applied by convolution. Note how the PSFs "widen" with distance and how the matrix 
containing the image to be restored is rotated in order to apply the pre-recorded PSFs (CDRF: 
Collimator Detector Response Function) obtained in the factory always in the perpendicular 
direction of the projection and which include, as they are experimental, the behaviour of the 
detector. It is assumed that the PSFs or CDRs are the same for each plane parallel to the 
collimator (isoplanatism) and it is also assumed that they only depend on the distance 
between the plane of the emitting point and the detector plane. 
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Fig.17.6.15: Application of PSFs (Frey 2005) 


In the projection: after rotating the matrix, each row is convolved with a predefined Gaussian 
function according to the distance (Fig.17.6.16). 
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Fig.17.6.16: Application of PSF correction (Siemens-Flash3d, Vija 2015) 


In summary, the correction of the overall detector response (PSF) can be performed in 
different ways in SPECT: 

Assuming that for each distance the PSF is invariant and therefore unique. 

Assuming variant - PSF varies within the field of view (UFOV). 

Assuming that the PSF is modellable by a Gaussian 

Determining the PSF experimentally in each equipment by generating a look-up table. 
Determining the PSF experimentally in the factory and assuming it to be common for all 
equipment in a model - generating a standard table as shown in (Fig.17.6.17). 


a > fy =» im. 


Uncorrected Corrected 
image image 


System PSF 


Fig.17.6.17: Deconvolution correction with the PSF (Philips Astonish) 


17.6.6: Incorporation of detector response in PET 

The spatial resolution in PET depends on the distance to the centre of the field. The PSFs are 
experimentally measured at different radii and recorded in tabular form. From these, an 
estimate of the PSF at any point in the field is obtained by interpolation (Fig.17.6.18). 
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Fig.17.6.18: Effect of radial displacement (GE Health Care) 
In addition, the detector response (PSF) is different depending on the angle at which the 


photons are incident on the detector ring (Fig.17.6.19). 
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Fig.17.6.19: Dependence of the PSF on the angle of incidence (MEDAMI-Siemens) 


In short, modelling is carried out by dividing the entire image formation process into modules 
that correct a particular aspect. All of them are applied starting from the basic and 
unavoidable module that represents the ideal image formation. The other modules or factors 
bring the model closer to "reality". Thus, for example, Qi (1998) presents a factorisation for 
PET of the system matrix as 


P= Pdet sens X Pdet biurX Pattn X Peeom X Poositron 


Each P being the different matrices characterising the effect they describe. This 
factorisation includes even the dispersion of positions of the positron annihilation 
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point (P positron) aS well as geometry, attenuation, PSF smearing, detector sensitivity 
variation. 

In both PET and SPECT the factorisation allows to easily activate or deactivate the 
corrections. It can be said that above the core which is the matrix describing the 
geometry (Radon T.) the others are layers that are included or not depending on the 
purpose of each acquisition (e.g. "quantification" or just visualisation) due to the 
computational time that some of them require. 
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18: Tomographic reconstruction. Problem solving 


Reconstructing means obtaining a distribution f(x, y) from its projections, that is, its sinogram. 
There are different methods to solve this problem. Note that in both SPECT and PET essentially 
the same methods are used. The two most widespread forms of reconstruction are described 
here. One, which consists of inverting the Radon transform and is called Filtered Back 
Projection (FBP), is a direct (analytical) method. The other form is called iterative and its basis 
is completely different from FBP since it is based on reproducing the projections by means of 
mathematical models, which makes it possible to directly take into account degradations such 
as attenuation in the patient or spatial resolution. 


18.1: Analytical reconstruction. Filtered back projection 


The Radon transformation is, to put it briefly, the mathematical way of saying that the value of 
each point in a projection is the sum of all the activities, within the patient, that are aligned 
with this point. Its inversion consists of "backtracking", i.e. from the sum (integral) to estimate 
the "summands" that have generated it. 


18.1.1: Back projection 

A first approach consists of back-projecting, i.e. assigning to all points of a straight line with 
angle 9 the value of the projection corresponding to the position t values obtained from the 
sinogram™ . The implementation of the back projection is given by 


No 
x 1 
FY) =) PO ty) 06 
9 =I 


Where AO is the angular increment between two successive angles,0, is the angle of projection 
k, No is the number of projections and t, is the position within the projection vector” . It is 
used a to indicate that it is an approximation. Simple back projection is not the inverse Radon 
transformation. 


t t 
Fig.18.1.1: Base of backprojection 


* This corresponds to observing an object by rotating it, or moving around a sculpture to get an idea of 
its volume. 
* Recall that t=xcos0 +ysen6 . t, is the discrete form due to the use of matrices/vectors. 
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Example: Suppose that in a section or slice there are 4 radioactive point sources that are 
detected by means of 8 projections (one every 45° ) with SPECT equipment (the same would 
occur in PET without forming the "intermediate" images). The projections will generate a 
sinogram as shown in figure 18.1.2. 
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I: images, P: projections 


Fig.18.1.2: Obtaining a sinogram. |: SPECT images P: SPECT and PET projections. 


From the sinogram, the back projection is applied according to the diagram in figure 18.1.3. On 
an empty matrix, each value is superimposed according to the angle along the entire 
corresponding straight line. 


eee 


Fig.18.1.3: Back projection from sinogram 
The final result is an image with the location of the sources but smeared as shown in figure 


18.1.4. This one-point estimate of the original distribution is nothing more than the 
accumulation of the projections without any pre-treatment. 
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Backprojection 


original object profile Backprojected object profile 


star artifact by few projections 
Fig.18.1.4: Blurring of the reconstruction by simple back projection (from Dubois 1998) 


18.1.2: Filtering 

This smearing comes from using a summation, around each point, of straight lines (in polar 
coordinates). Any summation or averaging modifies the count profile by reducing/removing 
the high frequencies that define the "sharp" edges of the lines. It is a mechanism identical to 
smoothing by weighted averaging (Puchal 2019). This loss of sharpness is such that as the 
distance increases from each point (with r), the number of lines (N) per unit length of the 
circumference that intersect with it decreases as N/2mr and therefore the counts decrease 
with distance as 1/r. In addition, superimposing activity lines results in star-shaped artefacts 
that do not correspond to any radioactive source. 

The appearance of smearing in all the "pseudo-reconstructed" points means that a global 
treatment must be applied to clean up the effect of the (1/r) and for this purpose tools based 
on the frequency representation obtained by the Fourier transform” are used. One of its 
properties is the central section theorem by which the Fourier transform (FFT) of a two- 
dimensional distribution (unknown-f(x,y) ) can be obtained from the TFs of its projections (TF 
of the sinogram by rows), that is, a TF for each angle. Once obtained, they are arranged 
circularly around the frequency O (mean value). 


AN ’ 
Step 2 
aso eter 


Fig.18.1.5: Fourier reconstruction (From Wikipedia 2021) 


f transform 


°° The Fourier transform allows the reconstructed distribution to be obtained directly thanks to the 
central section theorem. However, this solution presents problems in the high-frequency region and is 
therefore not directly applicable in Nuclear Medicine. 
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The change from a Cartesian coordinate system (6 ,r) used in the sinogram to a polar one (8 ,v) 
in the circular arrangement of the TFs of the protections involves multiplying the TF thus 
obtained by the absolute value of the frequency” v. From this it follows that by circularly 
arranging the TFs of the projections multiplied by v , the TF of the image to be reconstructed is 
obtained. Multiplication by v means applying a frequency filter such that the gain (g) varies as 
the frequency (g=v). Applying the inverse TF gives the distribution f(x,y). 

Another way to proceed is to first do the sinogram row transform, and apply the multiplication 
by v (ramp) in a second step (Fig.18.1.6). 


Fourier transform of the Fourier transform of the 
sinogram by rows sinogram by rows multiplied 
byv 


Fig.18.1.6: Images of the Fourier transforms (from Dubois 1998) 
From the latter, the TF is obtained by arranging the rows circularly. 
A further way to proceed is to apply the inverse TF on each row (of the filtered TF) resulting in 


a filtered sinogram (Fig.18.1.7) which, by means of the simple back-projection described 
above, produces the desired result. In fact, it is first filtered and then back-projected. 


Fig.18.1.7: Obtaining the filtered sinogram and subsequent back-projection (from Dubois 1998) 


*” This is due to the Jacobian of the change of coordinates. 
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It should be mentioned that due to the filtering, the new sinogram has negative values around 
its central values which are responsible for compensating for the "additions" that blurred the 
primitive image (Fig.18.1.8). 


Ramp filtered signal 


a el 


Negative values 


Fig.18.1.8: Effect of filtering on two count profiles (From Dubois 1998) 


Qualitatively, we can consider that an image is formed or described by low, medium and high 
frequencies. The background and smooth variations (responsible for smearing) are located in 
the low frequencies and the edges in the high frequency region (Fig.18.1.9). By applying a 
ramp filter, the high frequencies (sub-image A) are boosted and the low frequencies (sub- 
image B) are attenuated, resulting in a correct overall reconstruction (sub-image G). The low- 
frequency image would be the one coming from the back projection. The high-frequency 
image has negative values (black circles) that serve to "recover" the edges. 


ramp “g=y" 


Fig.18.1.9: Image (G) is composed of low frequency (B) and high frequency (A) images (from 
Bruyant 2002). (g is the gain of the filter and v the frequency). 
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Figure 18.1.10 is an excellent summary of the filtered back projection. It shows how the filter is 
applied to each "ray" before backprojection. It can be seen that around the point to be 
reconstructed there is a "gap" corresponding to the values that will be compensated to 
remove the smearing. 
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Fig.18.1.10: Filtered backprojection - overview (Cherry 2012) 


An alternative to the explicit use of the Fourier transform is to apply the ramp filter (p ) directly 
to the projections via the convolution product and then backproject (Fig.18.1.11 ) since there is 
full equivalence between filtering in frequency space or in direct space (Puchal 2019). 


Fig.18.1.11: Application of the ramp filter to remove smearing by convolution. 


For example, the SOPHY computer (Sopha Medical) used the direct version of the filters 
instead of going to frequency space as in the Siemens MicroDelta equipment. Whether a 
manufacturer chose one or the other method depended basically on the computing capacity 
and speed of their computers. The MicroDelta had a very powerful graphics processor which 
relieved the CPU of the much slower image processing tasks. The SOPHY computer used a 
standard processor and a more sophisticated programming language than the Siemens 
MEDICAL. The final time on both machines was of the same order. 

An example of cardiac perfusion with *”'Tl is shown in figure 18.1.12 before and after applying 
a ramp filter (courtesy of Sopha Medical). 
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BACKPROJECTION— FILTERED BACKPROJECTION 


Fig.18.1.12: Clinical example of the effect of ramp filter application 


Note that if the object is free of noise, the filtered back projection method is accurate, i.e. the 
object is reconstructed exactly. 


18.1.3: Noise Reduction-Post Filtering 
As is always the case in nuclear medicine, noise is important; the ramp filter linearly increases 


the amplitude of the frequencies and thus increases the ratio of noise to diagnostic 
information (Fig.18.1.13). 
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original noise level 


frequency 
area masked by amplified noise 
Fig.18.1.13: Noise amplification due to ramp filtering 


This makes it necessary to use a filter that reduces the amplification in the area where the 
noise is more important than the signal (Fig.18.1.14) while preserving the area of interest (low- 


pass filter). 
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Fig.18.1.14: Application of a Butterworth filter to the "amplified" spectrum. 


Figure 18.1.15 shows the effect of applying a low-pass filter to the FBP reconstructed slices. 
Without it, the images have no diagnostic value. 


fe - ; —— 


Fig.18.1.15: Application of a low pass filter to a FBP reconstruction. 


The same filters are repeatedly presented in the literature (see Puchal 2019). Some of these 
are presented in Fig.18.1.16 with their mathematical expressions. 
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Fig.18.1.16: Different filters used in filtered back projection (Cherry 2012). 
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18.2: Iterative reconstruction 


It consists of solving a large system of equations. For example, a study using 128 x 128 
matrices and 128 projections involves solving a system of 2097152 equations with the same 
number of unknowns. Solving it directly is impractical, so iterative methods are used. 

Iterative methods are based on finding a solution to the system of equations, which in 
abbreviated matrix form is expressed as 


p=Rf 


In which p is the vector of projections (see Chapter 17) R the matrix of the system that models 
the formation of the projections and f which is the activity distribution of the intended slice’® . 


Iterative reconstruction is based on starting from an initial estimate of f(x,y) which can be a 
matrix such that all its elements are equal, for example, 1 or O. It can also be an image 
obtained by filtered back projection (FBP). From this first image, usually denoted as f°, by 
applying the matrix R we obtain values p° that correspond to the projections that would be 
obtained if the object were f°. These p° are then compared with those obtained 
experimentally, and from this comparison the correction factors that must be applied to the 
values of f° are calculated to make the p’ as similar as possible to the experimental p, thus 
forming a first iteration f’. This process is repeated until the calculated projections correspond 
to the experimental ones (according to some criterion). Due to noise, this compatibility does 
not mean equality. An estimate of the solution is obtained. Figure 18.2.1 shows the basic 
scheme of iterative methods. Remember that all the projections of a slice form its sinogram, so 
it is equivalent to use one expression or another. 


ITERATIVE RECONSTRUCTION 


Calculation application of 
of the projections rectifications 


Comparison with Calculation of 
acquisition rectifications 


Final 
estimate 


Fig.18.2.1: Basic scheme of iterative tomographic reconstruction methods. 


*® Bold letters represent vectors, e.g., p = (p(1), p(2),..,p(N)) 
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There are different iterative methods, differing in the way of comparing and in the way of 
modifying an estimate (f" ) to generate the next f" . The excellent article by Bruyant (2002) 
presents an example (Fig.18.2.2) showing how the ART (Algebraic Reconstruction Technique) 
system is used to calculate the values of an f(x,y) of 2 x2 pixels. This method is used in the 
example due to the simplicity of its recurrence formula, which consists of adding to each 
estimate the average of the differences between the measured values (g; ) and the calculated 
values (F<) in each iteration k as indicated by the expression presented in point B of the figure. 
Point A presents the problem (find f,, f,, f3, f4 ) from the values of its projections at 0° , 45°, 
90° and 135° . Point C shows the estimates that are obtained from the initial estimate in which 
all are 0. Point D shows the estimates that would be obtained with the second estimate 
(iteration) and the third (E) shows the correct result (F). 
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Fig.18.2.2: Iterative calculation scheme in tomographic reconstruction by means of ART 
(Bruyant 2002) 


18.2.1: MLEM-Method 

The most commonly used iterative reconstruction method in nuclear medicine is the so-called 
MLEM, whose name comes from the contraction of "Maximum Likelyhood" and "Expectation 
Maximization". This means that it consists of two parts. The first "ML" is used to introduce the 
randomness of the radioactive decay and the second "EM" is used to solve the expressions 
that the "ML" part generates. 


18.2.2: Maximum Likelyhood-ML 

The values of the projections (sinograms) come from a single measurement of random 
variables and therefore the activity distribution calculated will depend on that particular 
measurement. The f to be calculated will depend on that particular measurement, being 
certain that a sinogram obtained a few moments later would lead to another solution and that 
there is no possibility of repeating a large number of acquisitions. The question then is to 
obtain an expression that takes into account the probability of obtaining a given measurement 
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p as a function of the "true" value f. Therefore, the purpose of the ML method is to find an 
estimation f that allows generating a sinogram that has the maximum likelihood 
("Likelyhood"), i.e. to determine the image that has the highest probability of generating the 
experimental projections p. This conditional probability is expressed as 


Lf) = Prob (plf) 


which is read as the probability of p given f. 

Being a radioactive count, it is assumed that the various measurements of activity in the 
radioactive elements in the object f(j) follow a Poisson distribution which establishes the 
probability that a particular measurement f(j) is obtained from the mean value of the activity 
f (i) which is taken as the true value. 

A given f (/) has a probability of being emitted which is given by 


el FGfY 
f@)! 


according to the expression of the Poisson distribution. 

The photons emitted by an element "/" have in turn a probability prob(p(i)) of being detected 
in a bin "i"of some projection. Now then, f(j) y prob(p(i)) are connected to each other 
through the detector equipment (model), to be more precise, through the values r; of the 
operator R which gives the probability that a photon emitted in cell "/" will be counted in bin 
"{". The expected (average) value p(i) of each bin is given by 


Prob(f(j)) = 


M 
BO =) mH fD 


j=1 


where M= dim x dim. The counts of the bins also follow a Poisson distribution (in fact, this is 
what is detected) because they depend linearly on the f(j) so that a given value p(i) will have 
for probability 


pi)? 


prob(p(i)) =e? . n(i! 


Since the detections are independent of each other, the "joint" probability, which expresses 
the likelihood, is the product of the individual probabilities. 


= | p)PO 
LG) = [ete 
i=1 


where N the number of bins. The dependence on the detector equipment and the object to be 
estimated is done through p(i). L(f) expresses the probability of detecting p(i) under the 
assumption that the photons are emitted as f(j) . 

Finding the values of f(j) that make the likelihood maximum is complicated. However, these 
maximum values, due to the multiplicative nature of this expression, are the same as those of 
its logarithm, so these values are derived from In L(f) by converting the product into a sum 
and eliminating the exponential form. 

There are different methods to maximise In L(f). The most commonly used to reconstruct 
SPECT and PET images (and also in CT) is EM (Expectation Maximization). This method is the 
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basis on which the iterative method known as MLEM is structured. The "EM" part specifies 
how the rectifications are calculated and how they are applied. 


18.2.3: Expectation Maximization- EM 

The EM method consists of two steps. In the first step, the "E" (the expected value® 
"expectation" ) is calculated using a "momentary" estimation of the image we want to 
determine, which we call ie As a probability we use the conditional probability In L(f) which, 
as we have seen, uses the values of (i) values deduced from the f*(j) and the 
experimental values p(i). 


9 


Qf") = Elin LP) Ip, f* | 


In the second step, this expected value is maximised with respect to F* . The maximisation 
provides a new estimate of the image which are the values (arg) that make Q maximal. 


fi! = argmax, Q(f*) 


This yields the recurrence formula for each element of the f**1 


fF) y p(i) 


k+1¢7) = _~_¥*_. i Geen os 
POS 2 FO 
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18.2.3: Combination of ML and EM 
Substituting the definition of p* (i) in the recurrence formula gives the standard expression of 
the MLEM method by considering all values of f*(j) are greater than or equal to zero. 


f 1G) = FO yh : pCi) 


iT oe ito e'@) 


This algorithm (following Bruyant 2002) can be seen as a set of successive projections and back 
p(i) 
BK (i) 
value of the estimated projections in bin i. The summation 


N 
yn, 2p). 
2 BEG) 


projections. The quotient is the ratio between the measured projections and the mean 


is the back projection of these factors (towards image f) for pixel j (when summing for i). As 
this applies pixel by pixel, it can be said that the image = image « . back projection 
normalised from the experimental projections divided by the projections calculated from the 
image “ . The normalisation factor is 1/ ¥_, rij which is included to ensure that the number of 
counts is preserved. 


*” The expected value of a value is the product of this value and its probability. 
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The sum shown in the expression Fas @ is the application of the back projection operator” . 
With the projector operator R operator, the estimated projections pr are obtained from the 
assumed values of the image fae With the back projection operator R’ operator, the 
estimated image values are obtained from the projections. 

In compact form, it is expressed as 


fi = rk . RT LP | 


This expression indicates that the image obtained in one iteration is equal to the image of the 
previous iteration modified by correction factors obtained by back-projecting an error which is 
the quotient between the measured values (p) and the calculated values ( #). Figure 18.2.3 
shows how the MLEM-based iteration is structured. 


Original 
NxN 
P=) ry FW ee) 
i=1 | 
PET scan 
’ 
Initial | Estimated Forward canpeet 
ieee image |) Projection |» measurement} Yes-> 
convergence? 
ry : ] 
No 
—E —= 
Backproject , Compute 
& update differences 
image 


fetta s®. RF Py : Py ‘ 
ipk i pk 
Fig.18.2.3: Iteration with MLEM (derived from Grupen 2012) 


The succession of the two steps is repeated until convergence. In this context of nuclear 
images subject to noise, the convergence criterion is adjusted so that there are no major 
variations in the object and that the changes are due only to the noise being reconstructed 
(which is considered to be superimposed on the ideal image f). 

It is interesting to note the matrix relationship between projection R and back projection R’. 
Projection consists of obtaining the counts in a bin (Pi) from all the pixels of the image (f7) 
that contribute to this sum. This contribution is modelled by the values of the transition matrix 
(rj) since they give the probability that a photon emitted in " fj "contributes to the bin "Pi 
"as seen in figure 17.6.2 in the previous chapter. 


*°° The difference between projection and back projection is based on changing the order of addition of 


the indices or, using the transposed matrix while retaining the same order. 
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f2 

PI 771,171,271,371,471,51,611,7,8"1,9 f3 

P 12,112,272,312,472,512,612,712,812,9 f4 
73,113,213,373 413,513,673,773,813,9 

P3 |= -| f5 

aa f6 

P24 7 

124,1124,2124,3724,4 ++ 124,8124,9 . 

f9 


The back projection consists of obtaining the pixel values (fj) that have given rise to the 
projections (Pi) (Fig.18.2.4). 


6=0° 


acc 


r13,1 


8=180° 
fl=p1-r1,1 + p4-r4,1+p7- r7,1+p10-r10,1+p13-r13,1+p16-r16,1 + 
+p19-r19,1+p22-r22,1 


Fig.18.2.4: Diagram of back projection 
The matrix form is expressed as the operator applied to the projections to generate the image 
values ("pulling back the projections") corresponding to the operator R’. 


r1,1 72,1 73,1741 ...724,1 P1 f3 
71,2 r2,2 73,2 74,2 ...724,2 P2 f4 
71,3 2,3 73,3 r 4,3 ...724,3 |-| P3 |= | f5 


71,97 2,973,97 4,9 ...7r 24,9 P24 f7 


Figure 18.2.5 shows how the sinogram calculated from the estimated images resembles the 
acquired one with increasing iterations (from 1 to 4). 
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Initial Calculated Acquired Calculated Corrected | Estimated 
estimate sinogram sinogram = rectifications +sinogram | image 


Fig.18.2.5: Variations in the initial iterations of a real SPECT reconstruction. 
The MLEM process converges slowly as shown in figure 18.2.6 which corresponds to a typical 
numerical control phantom in PET and SPECT, without noise. At first glance, no differences can 


be detected between the reconstructed image and the original after 128 iterations. It should 
be noted that the blurring disappears as the number of iterations increases. 


1 2 a 8 16 


32 64 128 256 Original 


Fig.18.2.6: Reconstruction of a dummy without noise using MLEM (Grupen 2012). 


It is very interesting to analyse the curves presented in figure 18.2.7 obtained by numerical 
simulation of a digital Hoffman brain phantom with noise. The upper curve shows how the 
"error" (normalised mean square deviation) varies with iterations. This error is well known 
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when the original "object" without noise is known. It can be seen how it decreases sharply in 
the first iterations until it reaches a minimum around iteration number 30 and then increases 
significantly due to the noise reconstruction which causes the information about the phantom 
to be lost as the signal to noise ratio decreases. 
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Fig.18.2.7: Variation of error and likelihood for a Hoffman dummy with iterations (from 
Gaitanis 2009) 


The figure below shows the process of likelihood maximisation with iterations. It can be seen 
how the likelihood increases rapidly in the first iterations, reaching stabilisation also after 30 
iterations. The increase in iterations does not provide a greater "similarity" since what is 
reconstructed from these 30 iterations are the alterations produced by the noise of much less 
importance than those necessary to reconstruct the object. A good example with a real image 
is shown in figure 18.2.8 which corresponds to a PET brain perfusion slice with’® F-FDG. 


k=4 


Fig.18.2.8: Variation of the reconstructed image as a function of the number of iterations k 
(Grupen 2012). 


18.2.5: Post filtering 
Figure 18.2.9 shows the effect of applying a different width Gaussian filter (FWHM) to a PET 


scan as usually employed to reduce noise when the image is too noisy, 
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FWHM = 2 mm FWHM =4 mm FWHM = 6 mm 


Fig.18.2.9: Application of a progressively smoothing Gaussian filter (Grupen 2012) 


It is found that, despite the loss of some minor detail, the filtering makes the frequency region 
of diagnostic interest visible. Today's computers make it possible to "overdo" iterations and 
then reduce the noise caused by the excess iterations. Note that the image obtained after 
applying a 4mm FWHM filter would be equivalent to about 16 iterations (see figure 18.2.8 
above). 

It is important to bear in mind that the application of a Gaussian filter reduces the spatial 
resolution of the images, i.e. it worsens it by combining the spatial resolution obtained by the 
reconstruction with the FWHM of the filter. 


FWHM otal = _|FWHM2 


reconstruction 


ie FWHM iter 


Figure 18.2.10 shows how the total or effective resolution varies when smoothing by means of 
a Gaussian filter the images of a line reconstructed in PET when considering that the FWHM 
obtained by the reconstruction is the intrinsic one of the equipment. 


100 | 


0 110 2 30 40 50 
FWHM iter 


Fig.18.2.10: Dependence of resolution on post-filter (Skretting 2010) 
18.3: MLEM Acceleration by Ordered Subsets-OSEM 
The MLEM method converges very slowly to an estimate of the reconstructed image 


(Fig.18.3.1), which made it difficult to apply in the clinic. Iterations were slow and there was no 
standardised criterion for stopping the process. 
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20 25 40 60 
Fig.18.3.1: MLEM reconstructed images as a function of the number of iterations. 


In 1994 an acceleration method called OSEM was published and has become the routine 
method in nuclear medicine in both PET and SPECT (Hudson 1994). The method has two 
interlinked aspects. 

1: Decompose the set of projections (60, 64, 120, 128,... ) into ordered subsets or groupings of 
projections in such a way that they provide as much different angular information as possible, 
i.e. as far apart and as symmetrical as possible. Figure 18.3.2 shows an example with 8 
projections from which 4 subsets of 2 projections and 2 subsets of 4 are obtained. 
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S\=1,5 $,=2,6 S3=3,7 S,=4,8 
S=1,2,3,4,5,6,7,8 —»> 
$,=1,3,5,7 S,=2,4,6,8 


Fig.18.3.2: Decomposition of projections into ordered subsets (from Hutton 1996) 
2: Decompose the iteration into "sub-iterations" restricted to each subset and the solution 


obtained in each of these "sub-iterations" is used as input to the next "sub-iteration" as 
schematised in figure 18.3.3 where p" symbolises the projections calculated from subset n. 
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f° | S\=1,5 —+ fl=f R'p/p}) S=1,5 —+ ft =f! R'(p/p4) 
S2=2,6 —» fl’ =f! R'(p/p’) S7=2,6 —+ f= f* R'(p/p’) . 


S5=3,7 —+ f=" RYp/p*) | | S33,7 — f=" RY(p/p’) 


S48 —> Pap’ R (p/p) | | S48 — Pep” RXp/p') 


Iteration 1 Iteration 2 
Fig.18.3.3: Schematic of iterations decomposed into sub-iterations 


MLEM, always uses f° in the whole first iteration, f' in the second iteration,... in contrast, with 
this acceleration method (OSEM) only the most different projections are used in each sub- 
iteration, so that the changes generated in each subset (S,) between sub-iterations will be 
greater than if the successive projections are used as in standard MLEM. 

The mathematical expression of the recurrence has the following form, which shows how the 
main summation of the back projection of the "errors" extends to the subsets (S,) but the 
calculation of the projection estimates extends to all data (M). 


Sn 

k+n+1¢7) — f¢ktne7). Tu p@) 
Penna = FG) Dy Sa ey 
Two parameters are used in this method, the number of subsets and the number of iterations. 
The acceleration factor is given by the number of subsets. The equivalent number of iterations 
in MLEM to achieve the same level of likelihood is the number of subsets times the number of 
iterations in each subset. Figure 18.3.4 shows how doubling the number of subsets (from 4 to 
8) divides by 2 the number of iterations needed to reach the same level as MLEM with 16. 
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Fig.18.3.4: Comparison of speed of convergence of MLEM and OSEM (from IAEA 2014) 
The determination of the number of subsets and iterations is determined by visual observation 


of the result of different combinations. However, the variation of the frequency content of the 
reconstructed images can be used as a criterion to set the number of iterations and subsets for 
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standardised studies since it is sufficient to reconstruct until the noise exceeds the signal. 
Figure 18.3.5 shows the full spectra with increasing iterations and signal area detail. 
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Fig.18.3.5: Effect of changing the number of subsets while maintaining the total number of 
iterations (from Ekman 2004). 


It can be seen that varying the number of subsets (from 1 subset to 16 subsets) changes the 
spectrum very slightly, a change that does not translate into the corresponding images if the 
equivalent number of iterations per MLEM is maintained (Fig.18.3.6). Therefore, once a 
number of iterations are fixed by the spectrum (32 in this case), it is sufficient to use the higher 
number of subsets to speed up the reconstruction. 
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Fig.18.3.6: Invariance of the reconstructions with the number of subsets (Ekman 2004). 


The significant improvement of computers dedicated to nuclear medicine has led to iterating 
"more than necessary" to then apply a Gaussian or Metz-type filter. 


18.4: Compton scattering correction in tomographic reconstruction 


Compton scattering originating in the patient presents great difficulties for correction in the 
clinical environment. There are numerous works in the literature to incorporate some kind of 
correction. The main problem is the computational cost to simulate the scattering based on 
both the attenuation coefficient images and the image estimated in each iteration using the 
Monte Carlo method. 

Information provided by the three largest gamma camera manufacturers indicates that two of 
them (GE Healthcare and Siemens) basically use double and triple window methods. Philips 
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claims to use the ESSE method in its Astonish reconstruction method. This "Effective Scatter 
Source Estimation" method adjusts the scatter contribution according to the images being 
reconstructed by means of a kernel (photon scattering function due to the Compton effect 
(the equivalent of a PSF due to scatter) pre-calculated by Monte Carlo that simulates the 
scatter generated by a point in a uniform medium taking into account the attenuation map 
(reflecting the electron density) of the medium (Fig.18.4.1). 


A: photo peak events; B: scatter events 


Fig.18.4.1: ESSE attenuation correction scheme (Philips 2005) 


The inclusion of the scattering term in the iterative MLEM expression results in the expression 
in which the scattering estimate is observed $(j) by considering that the scattered photons are 
added to the directly detected photons to obtain the estimates of the projections 
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18.5: Inclusion of time of flight (TOF) 


PET scanners with sufficient temporal resolution, i.e. able to place each annihilation in a 
certain line of response (LOR) environment, can incorporate this information in the 
reconstruction process. If this information is not available, any point on a LOR is equiprobable 
(Fig.18.5.1). If it is available, in the form of a Gaussian probability curve, in certain situations 
(large patients) it can improve the signal-to-noise ratio of the images and increase the 
detectability of small lesions. 


399 


Real annihilation event 


TOF principle 


4, 
ie 
hy 
mt 


Conventional PET Time-Of-Flight PET 
Fig.18.5.1: Inclusion of TOF (Vanderberghe 2016) 


The position of the annihilation relative to the centre of the tomograph field is determined by 
the difference in detection timesA t between the 2 detectors forming the LOR. 


The fluctuations in the determination of At cause the probability distribution of the 
annihilation point to be modelled according to a Gaussian distribution with centre at position v 
and whose FWHM depends on the uncertainty in the calculation of the arrival times at each 
detector (dependence, for example, on the depth of interaction in the crystal -DOlI) (Fig.18.5.2) 
and which must be adjusted according to the time resolution of each type of tomograph. 


Fig.18.5.2: Localisation dispersion due to time difference (Vanderberghe 2016) 
This distribution constitutes the kernel that must be introduced into the model to make the 


TOF correction. A new dimension must be added to the matrix describing the system to 
incorporate the TOF-derived probability (rj > rj, ) where b is the index for the new 
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dimension due to the TOF bin. Accordingly, the expression for the likelihood assuming it 
follows a Poisson distribution is 


Dib = > tm * fit Gp + Sp 
U 


where @, takes into account the correction for random coincidences and S;, the term to 
account for Compton-scattered counts. The values 7;;, values are obtained by multiplying the 
7 by weights w;, which come from the position-centred Gaussian probability distribution 
derived from the TOF as illustrated in Figure 18.5.3. The width of each interval of the TOF 


values (Av, ) is due to the uncertainty in the detection time. 
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Fig.18.5.3: Obtaining weights due to TOF (from Filipovi 2019). 


From this we obtain the recurrence expression as 


N 
k+1l(7) = F(7)- i ee ees 
ee dF jer Tb LG) + 3p + Hp] 


The matrix that fully models the PET is considered to be factored as: 
R=Asens:Ablur-Aaten:Ageom-Atof-Apos 


being 
Asens: Sensitivity of each LOR (m.diagonal) 
Ablur: detector resolution with radial distance 
Aaten: attenuation coefficients (m.diagonal) 
Ageom: geometric relationship between the emitter and the LOR 
Atof: models temporal resolution (TOF)-gaussian 
Apos: models the range/range of positrons 


In SPECT the factorisation is simpler 
R=Asens-Ablur-Aaten. Ageom 
being 


Asens: detector efficiency 
Ablur: collimator resolution with distance (CDR) 
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Aaten: attenuation coefficients 
Ageom: geometric relationship between emitter and projection 


18. 6: Partial volume effect correction 


The low spatial resolution of the detectors causes changes in the distribution of activity by 
expanding the counts around each point. This distribution of counts translates, for a given area 
of interest or an object, into a change (decrease) in its activity compared to what it should 
have. This effect depends on the PSF of the equipment through its FWHM in relation to the 
size of the area. This behaviour is called partial volume effect. 

This effect is particularly important in images obtained by tomographic reconstruction (SPECT 
and PET) as it interferes with quantification. 

This loss of activity in a given area is due to the fact that the PSFs, while preserving the total 
number of counts, distributes or expands them according to a Gaussian curve that makes the 
counts decrease inside the object image and increase outside it. Figure 18.6.1 shows, for a 
given PSF (FWHM= 14.5 mm), how its effect varies for sources of different diameter (D). 


D = 10mm 20mm 30mm 


40mm 50mm 60mm 
Fig.18.6.1: Effect of the same PSF on objects of different widths (Kojima 1989). 
Another way to observe this effect is presented by Cherry (2012) in the following figure 


(18.6.2). It shows the circular images (section of a cylinder), the corresponding images (cross- 
sections) and the central profiles. 
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Fig.18.6.2: Effect of the partial volume effect for a 12 mm FWHM (from Cherry 2012). 
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This figure highlights the broadening of the images due to count overflow and also that the 
maximum of the detected activity only equals the source value when the source is larger than 
30 mm and smaller than 40 which corresponds to approximately 2-2.5 x FWHM. Given a 
FWHM, if the source size is smaller than = 2-2.5xFWHM its activity is underestimated 
(Fig.18.6.3). 


RELATIVE SPECT VALUE 


1.0 2.0 3.0 
DIAMETER/FWHM 


Fig.18.6.3: Ratio of actual to detected activity as a function of object diameter for 3 normalised 
PSFs (from Kojima 1989). 


To "recover" the source activity in small sources, the recovery factors obtained experimentally 
for each equipment are used (Fig.18.6.4). 
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Fig.18.6.4: Example of recovery coefficients for FWHM=12 mm (Cherry 2012). 


The partial volume effect also affects the distribution of activity in cold lesions as the 
"spillover" of activity from the tissues surrounding the lesion distorts its activity by raising its 
level of counts with its own. 

Correction of the partial volume effect is essential for correct quantification both in SPECT and 
in the calculation of SUVs in PET. 

On the one hand, the effect of the lack of spatial resolution must be corrected by 
incorporating the PSF into the model used in the reconstruction (resolution recovery: RR). This 
is the most commonly implemented approach in nuclear medicine equipment. There are 
programmes that incorporate the recovery factors in addition to the PSF in the same iterative 
expression (Erlandson 2011). Figure 18.6.5 5 shows the effects of these corrections on a brain 
scan. 
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Fig.18.6.5: Effect of the reconstruction method and corrections for the partial volume effect 
(from Erlandson 2011) 


In summary, the MLEM method and its accelerated version OSEM with all its refinements are 
not the only methods. There are other commercially available ways to solve the equations 
posed by iterative reconstruction. Examples are GE's Q.Clear system for PET, or Siemens' 
XSPECT for SPECT. In addition, each commercially available method has a particular noise 
reduction system, such as Philips’ Astonish. 
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19: Observations on the frequency behaviour of iterative reconstruction using MLEM. 


In the frequency spectrum of a Nuclear Medicine scan, two zones can be distinguished. The 
first corresponds to the signal zone up to a maximum frequency (Fmax) such that beyond this 
frequency the noise has amplitudes higher than those of the signal and therefore "hides" them 
(Fig.19.1). Fmax is determined by the whole imaging system including detector and 
digitisation. 
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Fig.19.1: Schematic of a typical amplitude spectrum of a Nuclear Medicine image 


The tomographic spatial resolution in a dispersive medium such as water parameterised by 
FWHM is around 16.5 mm at a distance (radius of gyration) of 20 cm and around 18.5 to 25 cm 
according to Takahashi (2013). The maximum frequency that an imaging device (in this case 
SPECT) can transmit is 1/FWHM, which translates to a maximum frequency of 0.060 mm” for 
20 cm and 0.054 for 25 cm radius of gyration. Higher frequencies do not contribute to the 
morphology of the detected but try to reproduce the random variations of the detected 
counts. As the radius of rotation increases, the maximum detectable frequency decreases. 
Assuming a pixel size of approx. 3.3 mm (corresponding to a 128x128 matrix) the maximum 
frequency of the graph corresponds to 0.2 px”. 

The MLEM method starts from a hypothetical initial solution that is modified/rectified at each 
iteration until a cross-sectional image is obtained that explains the projections obtained 
experimentally. The successive "solutions" are obtained by means of a recurrence expression 


experimental projections 


f° = Ff R’| = F* Mk 


estimated projections* 


in which f* symbolises the "solution" obtained at the k-th iteration, and f**? the solution at 
the next iteration calculated by modifying the previous solution by means of an operator R’ 
applied to the quotient of the experimental projections by the calculated projections which 
may be expressed in abbreviated form as MX. 

It is interesting to observe from a frequency point of view how the modifications introduce the 
necessary changes to try to reproduce the detected distribution. 
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19.1: Changes caused by iterations 


The modifications introduced can be observed by means of the quotient between the images 
obtained in two successive iterations and, one way of doing this, is to obtain the behaviour 
from the frequency point of view. The aim is therefore to observe how the frequency spectra 
of the images change as a function of the iterations. For this purpose, the power spectrum has 
been obtained from the quotient between the Fourier transforms of the images of one 
iteration and its previous one i.e. the spectrum of the successive iterations. ME. Fig.19.1.1 
shows the behaviour for a SPECT Datscan scan where the changes produced by the first 
successive iterations are observed. In the first iterations the major changes occur in the signal 
(S) region and very little in the noise (N) region, whereas in the successive iterations the major 
changes occur gradually in the high-frequency region, far exceeding the low-frequency 
changes. 


iterationincrement spectrum of change 


at axl iteration 
3 4 


Fig.19.1.1: Changes in frequencies with increasing iterations. 


Fig.19.1.2 shows the summary or accumulation of the changes between iterations 1 and 100. It 
can be seen that the signal area remains almost the same as in the first iterations with a slight 
linear increase that does not bring significant change. The major changes occur in the first 
iterations as seen above. Subsequently, the changes are minimal and tend to stabilise. 


101 F 7 < : 7 . 
| start from the assumption that, in essence, the recurrence expression is still a convolution product, 


so it makes sense to analyse the behaviour of the Fourier rectification. 
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Fig.19.1.2: Accumulation of the change spectra over 100 iterations 


As the iterations increase, the changes become smaller in magnitude as the noise exhibits 
small amplitude oscillations. The trend to 1 indicates a stabilisation of changes, i.e. at the end 
"nothing" is changed because the whole distribution including the noise is already described. 
This behaviour is naturally reflected in the amplitude images. 


19.2: Modification of image spectra 
Another way to observe how the images evolve as a function of iterations is to obtain the 
amplitude images at each iteration and from them their spectrum. Figure 19.2.1 shows the 


logarithm of the spectrum as a function of iterations (between 1 and 100) for a slice of three 
different SPECT scans. 
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Fig.19.2.1: Variation of the amplitude of the frequencies as a function of the number of 
iterations. 
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In these graphs we can see how, as the number of iterations (iter) increases, the amplitude of 
the high average frequencies (0.1 - 0.25 mm’ ) located in the "N" noise zone increases. On the 
other hand, in the area of frequencies lower than Fmax, which corresponds to the general 
structure ("S" area), its effect is much smaller. From 5-10 iterations onwards, the curves 
overlap, which means that successive iterations do not provide information of interest. It can 
be said that the first iterations quickly mould the image and that the following iterations only 
try to reproduce the noise. We also observe that the behaviour is very similar in different scans 
although the shape of the curves obviously depends on each scan. 


19.2.1: General behaviour 

These observations have been obtained for one slice and up to 100 iterations. It is interesting 
to check if the observed behaviour occurs for all the slices of the three studies. Figure 19.2.2 
shows how the spectrum varies with iterations for all the slices of each of the scans analysed. 
All 3 scans show the same type of behaviour, which can be assumed to be typical of the 
reconstruction method. From these curves, a "general" law of how the spectra vary with 
iterations can be obtained. For this purpose, the area of each spectrum’” has been 
determined for the signal (< F max), noise (> Fmax) and total zones, and their dependence on 
the iterations. 


area variation for all slices: analogous behaviour 
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Fig.19.2.2: Accumulation of the spectra for all iterations and distribution of the underlying area 
according to signal, noise and total area. 


These curves, because of their similar behaviour, can be "summarised" in the graph in figure 
19.2.3. 


1°? Which can be considered a measure of the amount of information contained in a spectrum as it is the 


average signal power. 
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Fig.19.2.3: Frequency behaviour with iterations in the 3 types of scans. 


19.2.2: Behaviour in the signal region 

It is interesting to see how the amplitude for specific frequencies evolves with the iterations 
(Fig.19.2.4). Six of them have been selected, corresponding to the area of interest of the 
"standard" Nuclear Medicine images. The lowest frequency (A (0.01)) stabilises quickly and 
corresponds to the basic structure on which the other frequencies "insert" information. The A 
(0.02) and A (0.03) curves form part of the organ structure and the others grow less rapidly 
(more iterations are needed to account for the details). It is also interesting to note that the 
curve A (0.06), which corresponds to the highest frequency, exceeds the two previous curves 
(A (0.04) and A (0.05), which may be due to the fact that it corresponds to the border zone 
(Fmax) with those that constitute the noise. These curves indicate that at these frequencies we 
are already achieving the maximum that the equipment with which the study has been 
obtained can give (see figure 19.1). The frequency 0.06 mm” corresponds to Fmax (0.2 px” ) in 
the previous graphs. 


iteraciones 


Fig.19.2.4: Variation of amplitudes for some frequencies (between 0.01 and 0.06 mm”) asa 
function of the number of iterations. 


413 


19.3: Equivalences between iterations and filters 


The changes in the images can be interpreted as each iteration acting as a filter that amplifies 
the amplitudes of the frequencies in each iteration, first the lower frequencies and then the 
higher frequencies. 

Figure 19.3.1 shows what the filter that generates the image obtained in the next iteration’” 
would look like from the image of one iteration. It can be seen that the low frequencies are 
practically unchanged and that there is an amplifying effect in the high frequency region. 
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Fig.19.3.1: Filter deduced from one iteration and its following iteration 


~Fmax 


px? 


Qualitatively, one can think of the filters equivalent to one iteration - such as the one in figure 
19.3.1 - as the inverse of the filters that should be applied to the reconstructed image to 
obtain the images for each iteration. 

The inverse filter, i.e. the filter that allows to obtain the image of k iterations from that of k+1 
iterations is as shown in figure 19.3.2 of low pass form similar to a Gaussian filter with a FWHM 
of 0.5 corresponding to a o=0.212 px”. 


‘© This filter is obtained by dividing the Fourier transforms of the images obtained in 2 successive 


iterations. 
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Fig.19.3.2: Filter deduced from one iteration and its previous one. 


This filter would be the one that should be applied to smooth an image obtained with an 
"excess" of noise. Its Gaussian form justifies, in a purely "phenomenological" way, the use of 
Gaussian filters for noise reduction in MLEM. The example in figure 19.3.2 can be assimilated 
to a Gaussian of o~ 0.08- 0.09 px” since it has a half-width at half-height of = 0.24-0.25 px” 
(Fig.19.3.3). 


Fig.19.3.3: Filter overlap between iteration k and k-1 and a possible fit to a Gaussian. 


Similarly, the filter corresponding to the step from iteration k to k+1 can in turn be modelled as 
the inverse of a Gaussian as in figure 19.3.4. 
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Fig.19.3.4: Approximate filter adjustment to the iteration increment from k to k+1 


As a Digression or "Divertimento" one could think that the succession of iterations would be 
like applying a succession of filters whose bandwidth would widen with each iteration. These 
filters would be of the form 1/PSF, starting with a (narrow) PSF of FWHM small enough to 
amplify only the low frequencies and gradually increasing with each iteration until reaching the 
maximum frequency of the equipment (Fmax). (This is left as an exercise/suggestion for the 
reader!). 

A summary diagram is shown in figure 19.3.5, which shows the evolution of an image as a 
function of the frequencies that make it up. 
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Relationship between spectrum and image 
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Fig.19.3.5: Relationship between frequency content and image (from Beis 1995) 
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Annexes: Interaction of beta and gamma radiation with matter and basic radioactivity 
detectors used in Nuclear Medicine 


The purpose of these annexes is to explain the phenomena involved in the detection of 
ionising radiation as well as the basic or elementary detectors on the basis of which the 
equipment used in nuclear medicine is built. To this end, firstly, some aspects of the 
interaction of radiation B (both electrons and positrons) and radiation y with different material 
media are explained in some detail. Although in diagnostic nuclear medicine the equipment is 
based on detecting radiation y , it was thought appropriate to include electrons as they are the 
particles that ultimately receive the energy of the incident photons. 

From these basic descriptions, the rationale for activimeters and scintillation and solid state 
detectors is presented, as these are the detectors on which nuclear medicine imaging 
equipment is based. Therefore, an attempt has been made to restrict the exposure to the 
range of energies normally used in nuclear imaging~ 70-511 keV and, if possible, to 140 keV as 
that of the °"Tc and 511 keV as that of the photons in PET. 


A1: Radiation Band B* 


The components of the radiation B (f° : electrons, B” positrons) can give up their energy by 
three mechanisms depending on their energy. In the energy range of interest to us, the most 
likely is the electrostatic Coulomb interaction between an incident electron and an electron 
bound to an atom or molecule (electron orbital). The result is, if the energy is sufficiently high, 
the ejection of an electron (secondary electron) and a scattering of the incident particle with 
lower energy (Fig.A1.1) leading to ionisation. 
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Fig.A1.1: lonisation by a charged particle (Cherry 2012) 


These secondary electrons can have enough energy to produce new ionisations. 

A second mechanism consists of the transfer of energy to an orbital electron, but not enough 
to cause its expulsion. This is an excitation that will be dissipated by molecular vibration or 
emission of low energy radiation (ultraviolet, visible, etc.). 

The third mechanism is that charged particles lose energy by radiation as they are deflected by 
a nucleus (Fig.A1.2), generating braking radiation (Bremsstrahlung). 
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Bremsstrahiung 


Nucleus 


@ 
Fig.A1.2: Schematic diagram of braking radiation (Cherry 2012) 


In short, charged particles as they enter a medium can lose energy either by collision or by 
radiation. The probability of one mechanism or the other depends on the composition of the 
medium (atomic number) and the energy of the particles. We speak of collisional (excitation 
and ionisation) and radiative losses. Figure A1.3 shows how these mechanisms are distributed 
according to the energy and two extreme material media (soft tissue=water and 
shielding=lead). 
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Fig.A1.3: Distribution of electron interaction mechanisms as a function of their energy and 
medium (Cherry 2012). 


In the energy range of diagnostic nuclear medicine with photons between 0.1 and 0.5 MeV, 
the electrons that can be produced are always of lower energy, so that ionisation and 
excitation dominate over radiation in water as a soft tissue equivalent. On the other hand, in 
the case of PET, the positrons emitted have energies higher than MeV and are therefore 
susceptible to energy loss through radiation, although this is not important due to the low 
effective atomic number of soft tissues. 
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A1.1: Interaction of charged particles with the medium 


By limiting this exposure to ionisation by collision, particles as they enter a medium create ion 
pairs by ejecting electrons from their orbits, causing atoms and molecules to lose their 
electrical neutrality. The ionisation produced depends on the energy of the particles. Figure 
A1.1.1 shows the ionisation (number of ions) produced per unit length of penetration in water 
as a function of electron energy. It can be seen that it is by no means linear, with a maximum 
at around 200 keV. 
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Fig.A1.1.1: Specific ionisation in water as a function of electron energy (Cherry 2012). The 
lower and upper limits of Nuclear Medicine have been marked. 


From the graph in figure A1.1.1 it can be deduced that at very low energies the electrons 
cannot eject cortical electrons to ionise the medium and that at high energies the ionisation 
also decreases because the mechanism of energy loss is by radiation as shown in Fig.A1.3. It 
can also be seen that it is in the energy range of nuclear medicine that the electrons generated 
by the interaction y produce the maximum ionisation of the soft tissues. In the case of 
positrons, when they have already lost their energy, the annihilation reaction takes place and 
generates two gamma rays. 


A1.1.1: Charged particle propagation 
The propagation of electrons and positrons in a material medium has a broken trajectory due 
to the multiple interactions with the electric charges present (electrons, nuclei). However, the 
range can be defined as the straight-line distance of penetration into the medium, i.e. from 
emission to disappearance (Fig.A1.5). 
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Fig.A1.5: Trajectory of an electron from emission to disappearance 
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Energy loss by successive collisions is the predominant energy loss mechanism in the nuclear 
medicine energy range. This makes the range inversely proportional to the density, since 
density indicates the number of atoms per cm? (the denser the medium the more likely it is to 
collide). The number of particles decreases as it penetrates the material up to a distance at 
which electrons are no longer detected (Fig.A1.6). For practical purposes, the maximum range 
is considered as the extrapolated value because of the experimental difficulties of its 
measurement while using the average range. 
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Fig.A1.6: Charged particle range definition (Cherry 2012) 
A1.2: Interaction of electrons with the medium 
A1.2.1: Range dependence with energy 
The range depends on the initial energy of the electrons and the density of the material they 
pass through. Figure A1.2.1 shows the range in water for different energies. From the range in 


water, the range in another medium can be estimated by dividing the value in water by the 
density of the medium. 
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Fig.A1.2.1: Electron range in water (Cherry 2012) 
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A1.2.2: Dependence of the range on the medium 

The following table shows the maximum and average range in mm for some common material 
media in nuclear medicine for 140 and 511 keV as these values represent the theoretical 
limiting case of the energy of the possible electrons generated. The last 7 compounds are the 


ones used in the detectors” . 


Water | Bone | Grease | Pb Nal(TI) | Csl(Tl) | BGO | GSO | LSO | LYSO | CZT 
g/cm* 1,00 |1,85 |0,91 | 11,35]3,67 | 4,51 | 7,13 | 6,71 | 7,04 | 7,00 | 5,80 
140 M | 0,25 0,14 | 0,28 0,02 | 0,07 0,06 0,04 | 0,04 | 0,04 | 0,04 | 0,04 
keV P | 0,11 0,06 | 0,13 0,01 | 0,03 0,03 0,02 | 0,02 | 0,02 | 0,02 | 0,02 
511 M/ 1,8 0,99 | 1,98 0,16 | 0,49 0,40 0,25 | 0,27 | 0,26 | 0,26 | 0.20 
keV P | 0,50 0,27 | 0,55 0,04 | 0,14 0,11 0,07 | 0,07 | 0,07 | 0,07 | 0,09 


Table A1.2.1: Maximum (M) and average (P) electron range’”’ in different media in mm. 


It is observed that for 140 keV, except in tissues, electrons are practically undetectable at 
millimetre distances from their entry point, if it is a beam, or from their emission point, if it is 
the product of another interaction, as in the case of electrons produced by beams y . The 
scopes for 511 keV have the same characteristic. The values for lead are the smallest as it is 
the medium with the highest density. 


A1.3: Positron interaction with the medium 


RadiationB” has a behaviour analogous to that of electrons, except that its disappearance 
mechanism is an annihilation reaction e - e’ . Indeed, as positrons, after losing their initial 
energy with which they have been expelled from a nucleus due to successive collisions in the 
medium (which they ionise), when they are practically at rest, when they come into contact 
with an electron in the medium, an electron-positron annihilation reaction takes place which 
generates 2 photons of 511 keV and a neutrino which absorbs the difference in energy 
between the positron and the electron and positron mass at rest (1022 keV) (Fig.A1.3.1). 
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Fig.A1.3.1: Schematic of photon formation by annihilation and’ -e” . 
The random nature of the positron interaction is well illustrated in the simulated figure A1.3.2. 


*** BGO:Bi, Ge3 01 ,GSO: Gd, SiOs (Ce), LSO:Lu, SiOs (Ce), LYSO: Luzi. Yo. S1Os , CZT: Cd.) Zn, Te 
*°° The maximum range is calculated by dividing the graph value (Fig.A1.7) of the range in water by the 
density (p ). The average range is obtained by: P=1.08-Emay” /p. 
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"°F POSITRON TRACKS IN WATER 


4mm 


— — 4mm — a 
Fig.A1.3.2 Simulation of positron annihilation of*® F in water (Tavernier 2005). 


Very short and some extremely long trajectories are observed. The density of interactions 
decreases with increasing distance, which results in the shape of the Point Spread Function 
(PSF) with a high density at its centre and decreasing with distance from the emitting focus 
(Fig.A1.3.3). 


x (mm) 


Fig.A1.3.3: PSF generated by positron emission (from Champion 2007) 


The distance travelled from positron emission to annihilation depends on two factors. One is 
the amount of charged particles with which it can interact to cause ionisation, which is 
determined by the nature of the medium, and the other factor is the energy with which it is 
emitted. 


A1.3.1: Dependence of the range on the medium 
The probability of interaction of e* with tissues increases with tissue density, which decreases 
its range, as shown in table A1.3.1, which indicates the range as a function of tissue type for 


the most common tracer used in PET. 


Radionuclide Water Lung Grease Muscle Bone 
SF 0.622 2,44 0,63 0,59 0,37 


Table A1.3.1: Scopes (in mm) of e” for tissue components (from Jadal 2012) 
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Fig.A1.3.4 presents the image of a linear source of “Ga obtained experimentally by 
successively interposing 3 different media (soft tissue=water, lung=air, cortical bone) around 
the source. The count profiles obtained from the image are also presented. These curves show 
how the higher the tissue density, the higher the maximum value and the larger the area 
under the curve (bone > water > air) as a consequence of increasing the probability of 


interaction with the density of the medium’”’ . 
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Fig.A1.3.4: Image and count profiles of a linear source of © Ga across 3 types of tissue (Alva- 
Sanchez 2016). 


Remark: The curves on the right of figure A1.3.4 are (experimental) count profiles of the image 
on the left, thus reflecting how the number of detected counts varies with distance from the 
line source in 3 different media. 
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Fig.A1.3.3: Theoretical and experimental water scopes of e* of Ga (from Champion 2007) 


*°° The density is a reflection of the number of electrons per unit volume since the density depends on 


the number and type of atoms and these determine the number of cortical electrons with which the 
positrons mostly interact. 
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It is noted that the detection process provides information that is not identical to the "reality" 
provided by the numerical simulation. The modification is explained by considering that all 
measuring equipment generates information according to its ability to reproduce details. This 
capacity is expressed by the image of a point called PSF. The closer it is to a point, the less the 
deformation and the closer the image is to "reality". Being experimental, the curves show a 
smoother (rounded) character than those obtained by simulation due to the modification 
introduced by the detector used’” . 


A1.3.2: Range dependence with energy 

A rough way to understand the dependence of the range on the initial energy is to consider 
that the energy lost in each interaction is constant. Therefore, the more energy the positron 
has, the more interactions it must undergo until it loses all (or almost all) of its energy. As the 
number of interactions increases, one can consider that the distance travelled will also 
increase” . Of course, the process is random, so we can only speak of maximum and average 
ranges. Table A1.3.2 shows the range values for radioisotopes used in PET. 


Radionuclide Maximum energy Maximum reach Average range 
(keV) (mm) (mm) 
a6 970 4,46 1,27 
ad 1190 5,57 1,73 
20 1720 9,13 2,97 
18F 635 2,63 0,66 
86a 1900 10,27 3,56 


Table A1.3.2: Positron water scopes (from Jgdal 2012) 


These range values tell us that there is a significant distance between the point of emission, i.e. 
where lesion (which is the emitter of the particles) is located and the point where the 
annihilation is located. There will therefore be an inherent inaccuracy in the position in 
addition to the imprecision due to the statistical nature of the detection. From the values in 
Table A1.3.2 it can be said that the emitting nucleus is the centre of a sphere of radius 
between 2.6 and 18 mm depending on the emitting isotope. 

The energy dependence is perfectly reflected in Fig.A1.3.4, which shows the image of 2 point 
sources (PSF) with radioisotopes of very different energies: “8F and *O. It shows how the 
energy will influence the quality of the images: the higher the energy, the less sharpness (more 
"blurring") because the range is larger and the probability of interaction is more spread out in 
space than if it has low energy, i.e. a reduced range where the probability of interaction is 
concentrated. 

Here it should be noted that the images in this figure A1.3.4 have been obtained by simulation, 
for the same material medium, which is water, and at different energies, in contrast to those in 
the previous figure (A1.3.3), which were experimental, for the same energy and with different 
media. 


*°’ The image obtained by a detector is considered to be the convolution of the object with the impulse 


response of the equipment (PSF). 
+08 In each collision, part of the incident direction is retained, so that the distance to the emitting source 
increases despite abrupt changes in trajectory. The probability of recoil is very low. 
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Fig.A1.3.4: Image of 2 point source images (PSF) from “8F and *°O (Levin 1999). 


It is interesting to jointly observe the dependencies with energy and medium in Fig.A1.3.5 
obtained by Monte Carlo simulation. It can be seen that the range dispersion increases with 
energy and decreases with tissue density. It is therefore deduced that, from the point of view 
of the physical interaction process, maximum resolution is obtained at low energy and 
compact tissues such as bone. It should be noted that these values are below the resolution 
that can currently be achieved with tomographs. That is, it influences but does not determine 
the final resolution of the images. 
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Fig.A1.3.5: PSFs for different energies and tissues (Holm 2010). 
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A2: Radiation y 


Gamma rays in the energy range of interest in diagnostic nuclear medicine (~ 100-511 keV) 
have wavelengths smaller than the size of an atom, which is about 1 A. The wavelength 
associated with a photon is calculated as 


9° 


pane 
a; eae: 


where E is the photon energy, c the speed of light and h the Planck constant. This wavelength 
for the energy range we are dealing with turns out to be 


= 0,01A — 0,06A 


This makes the photon not "see" the material medium as a continuous “solid” or a collection 
of atoms, but as an empty space with electrons and some atoms. The interaction of photons 
with matter can therefore be analysed as a succession of interactions with electrons and 
nuclei. 

There are different mechanisms that explain the interaction of radiation y'’ with material 
media. The mechanisms depend on the energy of the photons and the composition of the 
medium (density and atomic number). In the range ~100-511 keV the only mechanisms 


involved are the photoelectric effect and the Compton scattering’ . 


A2.1: Photoelectric effect 


The photoelectric effect consists of the total absorption of a photon by an electron in an inner 
(K, L) shell with the subsequent ejection of the electron (called a photoelectron) causing 
ionisation of the atom (Fig.A2.1.1). 


Ejected 
® photoelectron 


Incident 
photon =~ x 2» 


Py 
o 


Fig.A2.1.1: Schematic of the photoelectric effect (Cherry 2012) 


The energy of the photoelectron is that of the incident photon minus the binding energy of the 
layer from which it has been ejected. This process is very fast, less than 10° s, and the transfer 


*°° The radiation y is an electromagnetic radiation like X-rays, radio waves, visible light,... they only differ 


from each other by their energy which is given by E=hv wherev is the frequency (s* ) and h is Plank's 
constant = 6.626 !0°** J-s. Its behaviour, as a wave or as a particle, depends on the phenomenon being 
studied. The associated particles are photons. 

“0 For energies above 1022 keV, pair creation appears, and for energies below 50 keV, Rayleigh 
scattering. 
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of the energy of the photoelectron to the medium by ionisation or excitation occurs very close 
to the point of absorption. 

The probability of a photon of energy E interacting by photoelectric effect increases with the 
effective atomic number and decreases gradually with energy except at those energies which 
coincide with the binding energies of the K, L,... layers which cause singularities. In logarithmic 
coordinates it has an approximately linear decrease between k- and L-layer absorptions as 
shown in figure A2.1.2 for Xe (Z=54). 
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Fig.A2.1.2: Photoelectric effect probability of Xe. Logarithmic scale (Obodovskiy 2019) 


Note that the probability is expressed as cm’ /g, whose origin is related to the effective cross- 
section, i.e. the "area of influence" of a particle in which it can interact with another particle. 
The greater the area, the greater the probability. In physics, the probability is also expressed 
as area per electron, as in Figure A2.1.3. 


cm? N, cm 
electron A g 


where N, =6.022- 10° is the Avogrado number which gives the number of atoms per atom- 
gram (atomic weight expressed in grams), A the atomic weight and Z the atomic number which 
indicates the number of electrons in each atom. The probability is also expressed as 1/cm 

to indicate that it is per unit length traversed in the material medium, the value of which is 
obtained by dividing by the density (g/cm’ ). 

Theoretical expressions for the dependence of the probability on the type of atom (Z) and the 
energy (E) of the photon are given in the literature as Z" /E*, with n between 3 and 5. This 
indicates that for the same energy, the probability increases with atomic number Z as shown in 
Fig.A2.1.3, which represents the dependence of the probability for three elements of very 
different Z (O(8), Cu(29) and Pb(82)). The curve for O shows that for low Z elements the 
probability is very unlikely at low energy. 
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Photoelectric Cross Section (cm® /electron) 


Fig.A2.1.3: Probability of photoelectric effect-The nuclear medicine energy range (100-511 
keV) is indicated (Hine 1956). 


When a vacancy is created in an inner shell, it will be filled with an electron of lower energy 
(from an outermost layer) and the excess energy will be emitted as a photon X*"’. This photon 
can either escape from the medium (fluorescence photon), or, in turn, eject an electron from 
an even outermost layer, generating an Auger electron. The end result is the transfer of the 
energy of the incident photon to the medium in the form of electrons. These electrons, by 
increasing their energy, may switch from the valence band to the conduction band (which is 
what happens, for example, in scintillation crystals) or this energy may be converted into 
mechanical vibrational energy (thermal energy). 

The direction in which the electrons are ejected depends on the energy of the incident photon 
so that as its energy increases, the photoelectron tends to move closer to the direction of the 
incident photon. At very low energy it tends to come out in a perpendicular direction 
(Fig.A2.1.4). 


_ X-rays are electromagnetic radiation emitted by the transition of electrons between shells of 


different energy. It is a generic term that includes photons with different nomenclature such as 
characteristic radiation, fluorescence or phosphorescence. Its origin is always atomic electrons. 
Radiationy is always of nuclear origin. RX andy can have similar energies. 
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Fig.A2.1.4: Photoelectron emission probability distribution for incidenty energies lower than 


511 keV) (Obodovskiy 2019) 


The probability of the appearance of Auger electrons is determined by the probability of the 
fluorescence Rx emission. The following graph (A2.1.5) shows how this strongly depends on 
the atomic number of the medium and the layer in which the vacancy has occurred. 


C Al Cu MoSn W Pb U 
= 1.00 7 — 
| ‘ Be 
= 8 075 
Ss & 
ay 
o & 
= = 0.50 
S & 
e ° 
5 £ 
Ee = 025 
_ 
es 
& 
o — 
— “==. 
& 0.00 


0 25 50 75 100 
Atomic number 7 


Fig.A2.1.5: Probability of fluorescence (@ ) and Auger electrons (1-@ ) according to the vacancy 
layer (IAEA 2014). 


As a numerical example, the K- and L-shell binding energies’’’ are given in Table A2.1.1 for the 
main chemical elements that make human tissues. It is an example of what could happen, 
assuming that the vacancy in the K-layer is refilled by an electron from the L-layer. From these 
values, the energy of the photoelectrons E; for 140 and 511 keV and that of the Rx (which only 
depend on each atom) are calculated. The last column shows the values of the ionisation 
energy of each atom, which is the minimum energy needed to extract an electron from a 
neutral atom in its ground state (unexcited) and refers to that of the least bound electron. This 
makes it possible to compare the energies of the Rx and the energy needed to cause 
ionisation. It can be seen that in all cases the Rx can cause multiple ionisations. At the same 
time, it can be seen that photoelectrons can undergo successive photoelectric effects. 


“? The values of the L-layer are estimated by decomposing this layer into several sub-layers. 
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The chemical elements shown are those with the highest percentage in the composition of 
human tissues (their percentage is indicated). 


Fabrics Z Layer K Layer L E; E; Rx E 
(eV) (eV) (140keV) (511keV) (eV) (eV) 

O (65%) 8 543 42 139,457 510,457 501 13,618 
C (18%) 12 284 10 139,720 510,716 274 11,260 
H (10%) 1 13,598 --- 139,986 510,986 ---- 13,598 
N (3%) 7) 409,9 37,3 139,590 510,590 372 14,354 
Ca (1.5%) | 20 4038 438 135,962 506,962 3600 6,113 
P (1,2%) 15 2145.5 189 137,855 508,854 1956 10,487 
K (0,2%) | 19 3608,4 378,6 136,392 507,392 3230 4,304 
S(0,2%) | 16 2472 230,9 137,528 508,528 2241 10,360 
Cl (0.2%) 17 2822 270 137,178 508,178 2552 12,978 
Na (0.1%) | 11 1071 63 138,929 509,929 1008 5,139 


Table A2.1.1: Data from www.webelements.com,Lenntech.es wikipedia.org. 


To get an order of magnitude of the probability of the photoelectric effect in tissues, the Zeff’” 
is calculated from the individual Z's of its components. For water, this value is 7.42 and for the 
"average" tissue calculated from the data in Table A2.1.1, Zeff is 8.321 which is almost 
identical to the Z of Oxygen. From Fig.A2.1.3 it is therefore clear that the probability of a 
photoelectric effect in tissues is practically zero. If it were to occur, according to the values in 
Table A2.1 the Rx would be of very low energy but capable of ionisation as they are of energy 
higher than the ionisation energy by a factor of 100 (Average Rx energy is 1750 eV >> Average 
ionisation energy 10.2 eV). This ionisation would take place via the Compton effect. 

On the other hand, comparing the photoelectron energy values with the maximum values 140 
and 511 keV in Table A1.2.1, it is observed that the ranges would not show significant changes 
due to the small difference between the energies. 

Ultimately, the photoelectric effect is not involved in the interaction with human tissues in the 
energy range of diagnostic nuclear medicine. 

However, it is involved in the detection of radiation. In the following table A2.1.3, values are 
given for the chemical elements that make up the substances used in the sensors most 
commonly used in nuclear medicine detectors, both as scintillators and in solid-state 
detectors. 


2,94 
ts Zeff = [Si az" where a; is the fraction of electrons of each element and Z; is the atomic 


number of the forming elements. Zef f(H,O) = i Fe 12,94 + = 8294=7,42. 
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Detectors Z Layer K Layer L, E; E; Rx E 

(eV) (eV) (140keV) | (511keV) | (eV) (eV) 
O° 8 543 42 139,457 510,457 501 13,618 
Na. 11 1071 63 138,929 509,929 1008 5,139 
Si 14 1839 150 138,161 509,161 1689 8,152 
| 53 33169 4800 106,831 477,831 28369 10,451 
Cs 55 35985 5714 104,015 475,015 30271 3.894 
Bi 83 90526 16388 49,474 420,474 74138 7,286 
Gd 64 50239 8376 89,761 460,761 41863 6,150 
Lu 71 63314 10870 76,686 447,686 52444 5,426 
Y 39 17038 2373 122,962 493,962 14665 6,217 
Tl 81 85530 15347 54,470 425,470 70183 6,106 
Ce 58 40443 6548 99,557 470,557 33895 5,539 
Ge 32 11103 1290 128,897 499,897 9813 8,16 
Cd 48 26711 4018 113,289 484,289 22693 8,994 
Zn 30 9659 1196 130,341 501,341 8463 9,394 
Te 52 31814 4939 108,186 479,186 26875 9,009 
Pb 82 88005 14000 51,995 422,995 74005 7,417 


Table A2.1.2: Data for the chemical elements that make up the detector crystals. *= are 
repeated because they are part of different scintillation crystals. 


It is interesting to note that composite media are molecules and therefore bonded at the 
atomic level, sharing electrons in the less energetic shells (valence band). On the other hand, 
the photoelectric effect develops at the deep level, with the K-layer being the most likely, even 
though it can occur in less bound upper layers. This means that the probability of the 
photoelectric effect can occur in the K,L layer of one or other of the elements that make up the 
molecule. It can be said that they are independent and mutually exclusive phenomena, so the 
probabilities of the photoelectric effect occurring in each atom of the molecule add up 
(Fig.A2.1.6). 


BGO 


Fig.A2.1.6: Photoelectric effect probabilities for Bi, Ge and BGO:Bi, Ge3 O12 
(www.webelements.com) 
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Figure A2.1.6 exemplifies this behaviour by showing the probability curves of Bi and Ge 
separately and that of bismuth germanate BGO (Bi, Ge3 O12). The overlapping of probabilities is 
clearly visible. The singularity due to the oxygen K-layer does not appear because it is of much 
lower energy than the other elements. 

From the energy of the photoelectrons, their average range within the medium can be 
determined. The average range of the ejected electrons in successive ionisations can also be 
estimated. All of them are smaller than 0.03 mm = 3-10“ m. 


Pb Nal(Tl) | Csi(Tl) | BGO | «GSO LSO LYSO CZT 
g/cm? | 11,35 3,67. | 4,51 7,13. | 6,71 7,04 7,00 5,80 
EMeV | 0,052 0,107 |0,104 | 0,049 | 0,089 | 0,077 0,077 | 0,108 
A. med. | 0,033 0,23 | 0,18 0,049 | 0,01 0,082 0,083 | 0,15 
Mm 


Table A2.1.3: Average range (A: med.) of photoelectrons in crystals used in detectors and in 
lead as a function of their photoelectron energy. 


From this table we see that all electronic interactions take place at very small distances, very 
close to where they are generated. It is a very localised effect. 

Suppose that a photon of 140 keV is incident on a material medium which we assume to be 
Nal(Tl). We wonder how many ionisations it will produce until it loses all its energy. Suppose it 
undergoes a photoelectric effect in the K-layer of iodine. This causes a photoelectron of 
106.831 KeV to be produced (Table A2.1.2). We know that the ionisation energy of this crystal 
is 10.451 eV so the theoretical maximum number of ionisations will be 106.831/0.010451= 
10223 considering that only the iodine K-layer acts as there is a large energy difference 
between the iodine and sodium K-layers. 

In the case of two or three components with similar energies, the weighted average has been 
used on the understanding that the probability of the photoelectric effect is proportional to 
the energy of the K layers. Repeating the same calculation for the different material media and 
511 keV gives the following table (A2.1.4) to get an idea of the order of magnitude of the 
number of collisions. 


Pb Nal(Tl) | Csi(TI)* BGO GSO LSO LYSO C2T 
140 701 10223 | 18811 7460 14595 14133 15318 18433 
keV 
511 997 45720 | 80494 58084 | 74900 82507 81865 53513 
keV 


Table A2.1.4: Number of photoelectron collisions before being fully absorbed. 


The initial velocity of the photoelectrons depends on the energy of the photon and the energy 
of the layer from which they are ejected. As limiting cases, this velocity has been calculated 


(appendix 1) for the energy range 140-511 keV, these maximum velocities being’ : 


v (140 keV) = 1.859-10° m/s 
v (511 keV)= 2.598-10° m/s 


In the microscopic world the theory of special relativity also holds true! We see that the scale 
on which events occur is overwhelmingly larger than in the macroscopic world. 


™ The speed of light in a vacuum is~ 3-10° m/s. 
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It is interesting to observe how the electron velocity slows down as it loses energy by 
ionisation or excitation of atoms or electrons until it is absorbed (energy~ 0). The deceleration 
increases more rapidly at low energy (from~ 50 keV) (Fig.A2.1.7). 
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Fig.A2.1.7: Speed variation as a function of energy loss. 
A2.2: Compton Effect 


The Compton Effect or "elastic scattering" (in this context simply scatter) consists of the partial 
transfer of energy from a photon to an electron at rest (elastic shock)" . Although this 
assumption is not exactly fulfilled, the same calculation model is extended for loosely bound 
electrons. The shock causes, on the one hand, a change in the electron's motion by 
transferring the amount of momentum (p), for example, causing it to be expelled from the 
atom, and on the other hand, the initial photon is deflected with less energy because it has 
been partially transferred to the electron. Strictly speaking, since a photon is defined by its 
frequency (v ), what happens is the disappearance of the initial photon of energy hv and the 
appearance of a photon of lower energy (hv ',v '<v ) and different direction (p') (Fig.A2.2.1). 
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Fig.A2.2.1: Compton Effect (Scherry 2012) 


The kinetic energy gained by the electron is 
E, =hv—hv 


™ See appendix 2 for the mathematical description. 
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where h is Planck's constant. This energy loss translates into an increase of the wavelength of 
* oe Cc 
the scattered photon with respect to that of the original photon (A = —) 
Vv 


AL=A —A = Ac(1 —cos6) 


where @ the angle measuring the deviation of the photon from the initial direction, and 


Ac = mus =2.426-10” m the Compton wavelength where m, is the mass of the electron 
e 


at rest and c the speed of light. This expression tells us that the energy loss depends strongly 
on the deflection angleO . The energy of the scattered photon is obtained from 


N=A+AA 
E 


a 
act m,c“(1— cos) 


where m,c* = 511 keV. The maximum transfer occurs when cos0 =-1, i.e. for@ =1802. In this 
case, this energy is called the "Compton edge energy" which, as will be seen below, is a 
remarkable point in the energy spectrum. Figure A2.2.2 shows how the photon energy and 
electron energy vary with angle for an incident photon of 500 keV and the sum of the two 
energies remains constant. Note that for 90° and 270° the electron and photon have the same 
energy. 
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Fig.A2.2.2: Energy splitting between photon and electron according to photon emission angle 
(https://en.wikipedia.org/wiki/Compton_ scattering) 


The angle 8 at which the new photon with energy hv ' is ejected and the angle at which the 
recoil electron is ejected @ are related (see Appendix 2). 

For the two example energies (140 and 511 keV) some quantities of interest can be calculated 
and are shown in the table (Table A2.2.1) with the initial wavelengths being 


140 keV: A = —“ = 0,0089 nm = 8,9 107!2m 
E(keV) 
: _ 1,24 _ _ ~12 
511 keV: 4 = Ekev) = 0,0024 nm = 2,410°°*m 
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99m 
T 


C: 
Photon deflection angle oe 452 902 1352 1802 
Wavelength of the second photon | 8,910 | 10,610 | 11,310 | 13,010 | 13,710 
M 
Energy of the scattered photon’’° 140,0 | 117,1 109,7 95,5 90,6 
keV 
Electron energy 0 22,9 30,3 44,5 49,4 
keV 
Electron exit angle --- 62 38 18 0 
oO 
PET: 
Photon deflection angle 02 452 902 1352 1802 


Wavelength of the second photon 2,410 | 3,1310 | 48310 | 65410” | 7,2510% 


M 

Energy of the scattered photon 511,0 396,6 257,0 189,8 171,1 
keV 

Electron energy 0 114.4 254,0 321.4 339,9 
keV 

Electron exit angle --- 50 27 12 0 


ie) 


Table A2.2.1: Compton scattering values for?” 


Tc and PET photons 
The electron velocity for this energy range does not vary appreciably with photon angle but 
does vary with photon energy. 

v (140 keV) = 2.914-10’ m/s 

v (511 keV)= 4.072-10’ m/s 


which are about ten times smaller than those of photoelectrons (photoelectric effect), so their 
range will be significantly smaller. 

The scattered photons may undergo photoelectric or Compton effects (from an energy balance 
point of view, since most of them have energies higher than those of the K layers of many 
elements). The "scattered" electrons have, in turn, sufficient energy to cause significant local 
ionisations, especially in the case of 511 keV. Multiple Compton occurs in many cases. 
However, the probability of this occurrence must be taken into account, which is a very 
important parameter and ultimately determines what is detected’”’ . 


A2.2.1: Probability of the Compton Effect 

The probability of the Compton scattering depends on the number of electrons per unit mass 
of the absorbing material as it is established between photons and electrons. The more "free" 
or "nearly free" electrons there are, the more likely it is to occur (electron density 


a Adding all constants and unit changes E=1241.5/A [keV]. 


This is as simple a thing as what is called expected value which is what can be "won" by the 
probability of "winning". Here "winning" would be what can happen for the probability of it happening. 
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dependence). This electron density depends directly on the density of the material and 
ultimately, and to a lesser extent, on the atomic number (Hubbell 1997, Sankarshan 2020). 

On the other hand, their probability depends on the energy. The higher the energy, the lower 
the probability, as shown in figure A2.2.3 from a threshold energy around 50 keV. This curve 
has been obtained by integrating for all possible scattering angles. 
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Fig.A2.2.3: Variation of Compton effect probability with energy (Caltech 2016) 


It must be distinguished or pointed out that the mathematical relations that have been 
obtained do not explicitly have this dependence and that the basic hypothesis on which they 
are based is to assume that the electron is at rest or with a negligible amount of motion 
compared to the contribution of the photon. This means that the transferred linear 
momentum is much larger than the one the electron originally had, which in terms of 
wavelength is 


gat KA 

=sin= 
Zz 2 ‘ 

where 4A, the initial wavelength of the electron. If this condition is not satisfied, the 


probability depends on the atomic electrons and their bonds. 
With this "near-freedom" hypothesis, the probability for each energy and deflection angle has 


a ane 
<<) which indicates 
dw] KN 


been obtained, an expression known as the Klein-Nishina rms-section ( 
the probability of each angle for a given energy. 

Figure A2.2.4 shows how the probability of each angle varies as a function of energy. We see 
that as the energy increases, the probability of the scattered photon "recoiling", i.e. being 
deflected by more than 90°, decreases. For 140 keV photons the probability of recoil is much 


higher than for 511 keV photons. 
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Probability of scattering 
(arbitrary units) 


Scattering angle, # (deg) 
Fig.A2.2.4: Scattering angle probability depending on photon energy (Cherry 2012) 


Another common way of representing graphically how the deflection probability is distributed 
is by giving probability curves. That is, curves indicating the likely deflection angles as a 
function of the initial energy. The distance from the centre indicates the degree of probability. 
Thus, all are more likely to go forward than in other directions, but the other directions 
(angles) are also probable, although to a lesser degree. Thus, 10 keV photons are almost as 
likely to go forward (0°) as backward (180°) and as the energy increases the probability of large 
deviations decreases (Fig.A2.2.5). 
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270 
Fig.A2.2.5: Deviation probability curves (Grimes 2013) 


So far, the dependencies of the probability for the Compton effect to exist, such as the energy 
of the incident photon, the conditions of the electron on which it is incident and the material 
medium in which it can occur, have been presented (Appendix 3). What happens when the 
Compton effect or Compton scattering occurs is presented below. 
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A2.2.2: Changes in energy and directions 

The above tells us that the Compton effect has a direct impact on the quality of the images by 
increasing the possibility of considering correct photons that deviate too much from their 
initial direction. 

Assume that a patient emits photons of a single energy E, and that the imaging equipment 
accepts photons between E, and 90%Eo, The question arises as to what is the range of photons 
that could in principle be considered valid. From the general expression for the Compton effect 
(Annex A2.2), the photon deflection angle is given as 


O=arccos(1-(511/E, )) 
so for the energies of?" Tc and PET they are: 


E,) =140 30 :+ 542 
E) =511 30 :+ 272 


It is noted that for around 140 KeV, the use of an artefact to limit the deflected photons is 
necessary. In PET, due to the time-coincidence imaging system itself, physical collimation by 
absorbing means, i.e. collimators, is not necessary. 

The energy distribution of the photons generated gives rise to the energy spectrum. There are 
distinct parts of the spectrum. On the one hand, there is the record of photons that have given 
up all their energy ("photopic"), and on the other hand, the record of photons scattered by the 
Compton Effect (Fig.A2.2.6). 
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Fig.A2.2.6: Theoretical distribution of detected energy (from Parks 2015) 


The Compton edge, which is the maximum energy that a photon can have after having 
undergone the Compton effect, is clearly visible. The energy of the initial photon corresponds 
to that of the "ideal photopeak" in the figure. As will be seen later, in real spectra the two 
zones are connected due to the many statistical effects involved in their detection, the 
proportion of which depends on the detector used (Fig.A2.2.7). 
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Fig.A2.2.7: "Real" spectrum by solid scintillation detector (From Parks 2015) 


An experimental spectrum of the Compton zone is presented in Fig.A2.2.8. 
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Fig.A2.2.8: Energy spectrum excluding "photopeak" (Caltech 2019) 
The "rounding" is well observed due to both the detector equipment*® and the fact that in a 
material medium the cortical electrons have a certain amount of motion contrary to what is 
assumed in their theoretical study. The latter leads to a certain dispersion in the peak energy 
values (Fig.A2.2.9) which results in a smoothing of the edge. 


at channel (x 10°) 
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Fig.A2.2.9: Compton edge for**” Tc (Knoll 2010 ) 


™8 The result of the detection can be said to be the convolution of the distribution within the material 


by the impulse response of the detector equipment. 
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The edge is the area with the highest number of detections (counts) and is therefore the most 
likely. This makes, as will be seen later, that the Compton zone should be excluded completely 
in the imaging. 

In addition to Compton scattering there is Rayleigh scattering which occurs at the atomic level, 
i.e. the interaction of a photon with an atom as a whole. Due to the large mass of the atoms, 
the photon loses very little energy and is practically only deflected from its path. This effect is 
only important at low energies, below about 50 keV, and is therefore not normally taken into 
account in nuclear medicine’” . 

The basic concepts involved in the interaction of radiation with matter have been described so 
far. These effects translate macroscopically into attenuation and subsequently into detection. 


A2.3: Attenuation 


As a beam of electromagnetic radiation (vy , X) of a given energy interacts with a material 
medium, it loses photons of that initial energy, creating, if Compton effects occur, photons of 
progressively lower energy, or disappearing if there is a photoelectric effect. In short, the initial 
intensity with a given energy decreases as the radiation penetrates the material. This 
phenomenon is called attenuation and is one of the degrading effects involved in measuring 
the activity present in a patient (by decreasing the activity detected, which varies with the 
depth of the emitting source). On the other hand, radiation can be manipulated in such a way 
that photons are only detected in certain directions, as is the case with collimators, which are 
based on the attenuation of the septa. 

The attenuation follows an exponential law that relates the intensity at a distance d within the 
material medium to the initial intensity before penetration [(d) to the initial intensity before 
penetration 1(0). This law involves the distance travelled and a coefficient w (linear 
attenuation coefficient) which depends on the type of material (its atomic number and 
density) and the energy of the radiation. 


Ld) = I.ce 


This expression expresses, in a similar way to what occurs with the decay law, how the 
measured intensity is related to the initial intensity. This relationship means that the 
decrease with distance of the intensity of a beam of monochromatic radiation, at a 
point in a material medium, is proportional to the intensity at that point and to the 
probability that the radiation is absorbed per unit length, which translates into: 


dl 
res 

Where uw is the probability that the original photon has been removed from the beam 
(absorbed, converted,...) per unit length and dx the small length travelled at point x. 
This equation integrated between O (the origin of the material medium) and the 
distance d gives rise to the expression of the attenuation law (Fig.A2.3.1). 


a Rayleigh scattering of visible light by molecules in the air is responsible for the blue sky. 
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Fig.A2.3.1: Attenuation law for different linear attenuation coefficients (Wikibooks) 


A2.3.1: Density dependence 


The attenuation depends on the physical state of the material since, for example, the atoms in 
a gas are much farther apart than in a solid or liquid and the probability of interaction in them 
is higher, which is reflected in their density (Fig.A2.3.2). 
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Fig.A2.3.2: Diagram of densities (Wikibooks) 
To approximately counteract this dependence and make the attenuation coefficient only 
dependent on energy and type of material, the linear attenuation coefficient is divided by the 


density (mass attenuation coefficient). Table A2.3.1 shows the density of different materials 
related to the use of radiation. 


HUMAN TISSUE Density (kg/m?) 
Lung 320 
Fat 910 
Soft tissue, muscle 1000 
Bone 1850 
CONTRAST MATERIAL 

Air 1.3 
Barium 3500 
lodine 4930 
OTHER 

Calcium 1550 
Concrete 2350 
Molybdenum 10,200 
Lead 11,350 
Rhenium 12,500 
Tungstate 19,300 


Table A2.3.1: Density of different media (Kadah 2017) 
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The dependence of the attenuation on the type of matter is much more complex. In order to 
characterise the type of matter, the so-called effective atomic number (Ze ), which is the 
average of the atomic numbers of the constituent elements, is used (Table A2.3.2 ). 


_-HUMAN TISSUE ett 
Fat 6.3 
Soft tissue 7.4 
Lung 7.4 
Bone 13.8 
CONTRAST MATERIAL 
Air 7.6 
lodine 53 
Barium 56 
OTHER 
Concrete 17 
Molybdenum 42 
Tungsten 74 
Lead 82 


Table A2.3.2: Effective atomic number of different media (Kadah 2017) 


The macroscopic probability is the result of combining the probabilities of 1 photon 
undergoing one or the other of the "elementary" effects such as the photoelectric effect and 
the Compton effect. 


A2.3.2: Dependence on the composition of the medium 

The dependence on Ze is not direct as in the density case. Thus, the probability of the 
photoelectric effect varies as (Ze /E* ) where E is the photon energy while the Compton 
effect varies as (Ze /E) although very little, so it is considered approximately constant. 
Fig.A2.2.12 shows graphically and succinctly how the probability varies as a function of Z. and 
energy. The lines between effects indicate the combinations between energy and Zor with 
equal probability. 


Atomic number, Z 


0.01 0.1 0,511 1 10 100 
Photon energy (MeV) 


Fig.A2.3.2: Dominant probability distribution as a function of Z,; and energy: red = tissues, 
green = Pb, purple: scintillation crystals (modified from Cherry 2012). 
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In the range of energies used for imaging, no pair creation takes place, as at least 1.022 MeV is 
required. In Fig.2.2.2.12 we see that the Compton effect is dominant for Ze between 7 and 14 
(bone-soft tissue) and energies between 0.08 and 0.511 MeV corresponding to nuclear 
medicine (red area)’”° . This makes Compton scattered radiation important, which means that 
images must be acquired by selecting not only the direction (in a gamma camera using a 
collimator) but also the energy of the photons in order to be considered valid (in gamma 
camera and PET) using an energy window. 

If we now consider much higher values, for example lead (Zep =82), we see that the 
predominant effect is photoelectric, which means total absorption of the radiation’ . This is 
why it is used as shielding and in collimators. 

An intermediate case are the scintillation crystals commonly used so far in nuclear medicine 
imaging equipment (Table A2.3.3) whose Zor is between 51 for INal(Tl) and 75 for BGO (lila- 
coloured area). In this case, the scintillator materials have sufficient density to be able to 
absorb the 511 keV photons (except for Nal:TI, which is why it is not used in PET) and sufficient 
atomic number for the photoelectric effect to predominate in a first interaction. However, 
because of the relative ease of constructing large crystals, Nal:Tl is so far the optimal material 
for building gamma cameras for low-medium energy radioisotopes (69 keV for” TI to 364 keV 


for |), 

Material Density (g/cm? ) Zott 
Nal:TI 3,67 51 
GSO 6,71 58 
CsI(TI) 451 54 
LSO 7,4 66 
LYSO 7,0 66 
BGO 7,13 75 
CZT 5,80 50 


Table A2.3.3: Density and effective Z (Z.) ) of crystals used in nuclear medicine detection 


A2.3.3: Attenuation Coefficient 

The attenuation coefficient Lt is broken down into as many "sub" attenuation coefficients as 
there are possible interaction mechanisms, so for the 100-511 keV range, it has two 
components 


Um = Uo + Ly 


where LL, the one corresponding to the photoelectric effect and uw, the one due to the 
Compton effect. Note that as these are probabilities, the coefficients add up since only one of 
the mechanisms can occur in a single interaction (the "O" rule), i.e. they are self-excluding. 
Keep in mind that the above indicates what can occur in a single interaction, which can happen 
if the dimensions of the material medium are small. If the medium has dimensions equal to or 
larger than the mean free path (A ) for that energy, then it is most likely that the photon 
resulting from a Compton effect can interact again until all its energy is absorbed, which 
results in a modification of the energy spectrum. 

From figure A2.3.3A for water and, by extension, for soft tissues, it can be seen that for both 
the 140 keV photons o f”"Tc and the 511 keV photons of the radionuclides used in PET, the 


120 The Zor Of air is of the same order as that of soft tissues and higher than fat so it should attenuate 


similarly, but its density is so low - 1.3 kg/m? (A2.2.2) - that the probability of interaction is virtually zero. 
This is why the lungs look "empty" in relation to the surrounding tissues. 

aaa temperature increase is detected only in cases of very high activity such as in nuclear power plant 
fuel containers. 
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exclusive mechanism is the Compton interaction (o ), which directly affects the quality of the 
images. 

From Figure A2.3.3B it is clear that in Nal(Tl)-and in most solid scintillator materials-140 keV 
photons are 10 times more likely to undergo a photoelectric effect than a Compton effect 
(from~ 0.1 to~ 1). In contrast, 511 keV photons are more likely to be Compton than 
photoelectric up to about 250 keV, where the photoelectric effect dominates, making Nal(TI) 
unsuitable for PET. As the probability of these effects is energy-dependent, these 
considerations are only valid for the first interactions, since the X photons generated by the 
filling of the vacancy in the K or L layer are of much lower energy and therefore with a 
different probability of interacting with the Nal(Tl) crystal. The photon that has undergone a 
Compton effect will also have decreased in energy, so it is most likely to undergo a 
photoelectric effect as well. Ultimately, the photons and electrons produced in these primary 
ionisations will in turn excite or ionise the material, eventually converting a photon y into a 
cascade of electrons and some very low energy photons. 
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Fig.A2.3.3: Components of the attenuation coefficient.o represents Compton effect,t 
photoelectric effect, k pair creation (Cherry 2012). 


A2.4: Detection 


From the point of view of detection, the absorption of photons in scintillation crystals is 
entirely beneficial, as this is what they are based on. The transfer of electromagnetic energy to 
the medium allows it to be converted into another form of energy that makes detection 
possible. 

From the point of view of imaging, the attenuation of photons in tissues causes possible 
detections to be lost, particularly when the photons come from points deep to the detector 
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and due to the Compton effect, a blurring or lack of definition by the deflected photons but 
with energy similar to the original one. 

The absorption of photons in a material medium depends not only on its composition and 
photon energy, but also on its size, i.e. the volume in which the disappearance of the incident 
photon can occur. The figure below (A2.4.1) shows how the absorption depends on the 
thickness as a function of energy for Nal(TI) . It can be seen that within the energy range used 
in nuclear medicine, gamma cameras with a standard thickness of 9.5 mm (3/8") have 
detection efficiency for 140 keV photons of almost 100%, while for 511 keV photons it is only 
30%. The cameras that were designed to be able to acquire PET studies had a 1" glass with 
efficiency of 60%. 
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Fig.A2.4.11: Photon absorption by thickness and energy in Nal(TI) crystals. where the range of 
nuclear medicine energies (red) and in green the energy of” Tc. (Saint-Gobain) are indicated. 


Energy (keV) 


In summary, the passage of radiation through a material medium (solid, liquid or gas) produces 
an increase in its internal energy by excitation and alters its natural electrical state, which is 
neutrality, by ionisation (Fig.A2.4.2). 
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Fig.A2.4.2: Schematic of multiple interactions (Cherry 2012) 


Three basic types of detectors are currently used in nuclear medicine: gas-state detectors, 
which are used in activimeters, scintillation detectors in their different variants, and solid-state 
detectors, the latter two types being used for both detection and imaging. 
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A2.5: Appendix 1 
The speed at which electrons move within the material medium depends on their initial 


energy. As they interact, they lose energy and consequently velocity. 
To get an estimate of the maximum speed of a photoelectron, which is exactly the speed it has 


after being ejected from the atom, we start from the relativistic expression of its energy E: 


E=(y—-1)mc? 


where y the relativistic term 
1 
Y= : m2 
cz 

where v is the speed of the electron, c the speed of light and m, c’ the rest energy of the 
electron which is equal to 511 keV. This expression tells us that if the electron, or any other 
object, does not move, its energy is that of its mass (E=mc’ ) and that as its speed increases, its 
mass increases so that it can never exceed the speed of light’”” (Fig.Ap. 1.1) which is 3.10° m/s. 
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Fig.Ap. 1.1 Variation of the velocity of an electron with increasing energy 


From the energy expression we obtain the velocity of the electron v of the electron : 


Ec*(E + 2moc?) 
(E + mgc*)? 


This expression is valid for any particle when its energy is E. This means that it is only valid if 
there is nothing to alter its energy (e.g. electric or magnetic charges or fields). This relation has 
been derived to get an idea of the order of magnitude and to see at what speeds "things" 


happen. 
A2.6: Appendix 2 


oe or, equivalently, space is contracted or its time dilated, so that its speed does not exceed the speed f 


light. 
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The study of the Compton effect involves the application of quantum and relativistic 
mechanics, among other factors because it deals with photons of zero rest mass (they only 
exist if they move) and the velocities involved. 

The Compton scattering scheme is simple. A photon is incident on an electron that is at rest. 
Due to the transfer of energy and amount of motion, the initial photon is converted into a 
photon of lower energy and the electron acquires motion and energy. 


recoiling electron 


ec 


incident photon 


target 
electron 
at rest 


scattered photon 


Fig.Ap.2.1: Schematic of the Compton effect (LeClair 2019) 


The energy of the incident photon is Ey =hv and its amount of motion (or linear momentum) Py 
is hv /c. The electron is initially at rest, so its energy is due only to its mass E. =me C2 and its 
amount of motion P, is 0 . After the collision, the photon has a new energy E, '=hv'', a new 
linear momentum Py '=hv '/c and a different direction from the original one making an angleO 
with the initial one. 

The electron has acquired a certain energy E'. , and has acquired a linear momentum P'., 

The question is to obtain the quantities after the collision. To do this, the two fundamental 
principles of mechanics, conservation of energy and conservation of linear momentum, are 
applied: 


Ey+E,=E'y +E’, 
Py+P.=P'y+P'. 


(the linear momentum is a vector, i.e. defined by a modulus and by the angle it forms with 


respect to a reference. Here this character is indicated in bold). 
The relativistic conservation of energy relates energy to the quantity of motion by the 


expression 
, 72 
P,+m,c = P4, + [mgc? + Pe 


By operating we obtain the expression for the Compton effect. 


1 1 h fa 8) 
——-— = — cos 
Ey By. Miele? 


° . : he - 
If we replace FE for its expression as a function of wavelength EF = > we obtain the 
"classical" expression. 
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h 
A-A= 1 —cosé 
rer cos@) 


e 


The kinetic energy of the electron E, is given by the difference of photon energies before and 
after the collision 


hv 
= hv 7 hv _ o[ hy 7 m,Cc2 
7 cz m.c2 *° | mace hv 
e e 7 1+ a (1 — cos 6) 


e 


This tells us that the fraction of the energy of the incident photon that is transferred to the 
electron as kinetic energy depends on the energy and the deflection angle of the photon. 
Figure Ap.2.2 shows graphically how this distribution varies, since we have used the electron 
rest mass as the unit of energy m,c? The behaviour of the expression in brackets is obtained 
directly. 
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Fig.Ap.2.2: Energy distribution as a function of the scattering angle (LeClair 2019) 


In it we observe the typical relativistic behaviour that happens when a particle (the electron) 
increases its energy and, therefore, its speed, tending to the speed of light. We also see that 
this distribution depends on the angle at which the photon is deflected, the importance of 
which increases with the energy. On the other hand, in the classical expression of the change 
of wavelength, i.e. of energy, the energy does not appear explicitly. 

The electron velocity is obtained by applying the expression given in Appendix 1, taking the 
electron energy to be the kinetic energy obtained above. Figure Ap.2.3 represents the square 
of the electron velocity. 
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Fig.Ap.2.3: Electron velocity (squared) in (m/s)* with respect to energy in eV. 


in which the asymptotic approximation to the limit of c* imposed by the theory of special 
relativity is observed. 

By applying different trigonometric relationships between the linear momentum vectors, we 
obtain the expression relating the ejection angle of the electron to the angle of the scattered 
photon @ of the electron to the angle of the scattered photon® and of the incident photon 


energy 
cotg = an {= 
m,c? 2 


which for the nuclear medicine energy range (Fig.Ap2.5) indicates on the one hand significant 
deviations that decrease with increasing photon energy (0 =452). 


150 200 250 100 150 400 450 500 


Fig.Ap.2.5: Electron deflection with respect to the direction of the incident photon (2) with 
respect to energy (eV) 


We observe, once again, that as the energy increases, the deviations from the direction of the 
incident photon decrease. Everything tends to "go forward". 


A2.7: Appendix 3 


The probability of the Compton effect occurring can be considered to be the product of two 
factors. The first, which considers that the electron is free, is that obtained by Klein-Nishina 
(KN). The second factor refers to the probability that the electron reaches an excited state or 
leaves the atom upon receiving the photon energy (which depends on the electron's linear 
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momentum and the atom's Z). In other words, if the electron on which the photon hits is not 
free, the assumption that it is at rest is not fulfilled’? . To take this fact into account, the 
probability given by Klein-Nishina is modified by a factor that depends on the initial velocity of 
the electron and the effective atomic number of the material medium, which takes into 
account the probability of interaction depending on which layer of an atom the electron is in - 
the binding level or "freedom" level of the electron on which the photon hits. This factor is 
called the "incoherent scattering function". S(q,Z) and gives the probability that an atom 
absorbs energy and becomes excited or ionised when a photon transfers energy and amount 
of motion to one of its electrons (Sankarshan 2020). 


(57) _ (52) Se 
q is the amount of motion transferred to the atom’ whose value is 
6 
_ sen(z) 
aA 


wherea is the photon wavelength = 1.24 A/E(keV) and 8 is the angle of photon scattering. 


0 99mTc: 140 keV | PET: 511 keV 
452 4,320 15,770 
902 7,983 29,139 
1352 10,431 38,073 
1802 11,290 41,209 


Table Ap.3.1: q-factors in Angstrom (1A=0.1 nm) 


Given a material medium, i.e. a fixed Ze, the value of q determines whether the electron can 
be considered free or bound. If the transferred momentum "q "is small with respect to the 
initial momentum of the electron then S(q,Z) tends to O, i.e. there is no dependence on Z. If, on 
the other hand, it is large, then it approaches Ze . For large scattering angles and high 


energies, S(q,Z)= Ze and therefore 
do do 
(5a) = Ga) ew Zen 


In figure Ap.3.1, S(v) is plotted as a function of a new variable V encompassing Z and q (v=178,4 
2-73 hy sin(@ /2)) 


ean Although the calculations assume from the outset that the electron is at rest, the electron cannot be 


free because for angle O, for energy to be conserved, there must be something "behind" it to absorb 
what the electron cannot, hence the need for it to be "loosely bound" to an atom so that it can be 
absorbed by the atom (LeClair 2019). 

2 This expression comes from considering a collision in which the momentum transferred from the 
photon to the atom is its vertical component in the hypothesis of "small angle scattering" thanks to the 
difference in their masses. 
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Fig.Ap.3.1: Variation of the correction factor for the probability (Nelms 1953) 


which allows one to see how S(v) varies with v. An example of this correction is figure Ap.3.2 in 
which one can see how the probability of considering the electron as free or bound varies. 
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Fig.Ap.3.2: Effect of S(V) on the probability according to Klein-Nishina for Pb and E=300keV 
(Nelms 1953). 
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A3: Gaseous state detectors 


A detector is an instrument capable of measuring the presence of radiation and possibly some 
of its properties (Cerrito 2009). Sensitivity indicates the detection capability and it is important 
to underline that a given detector is not universal, i.e. it only detects a certain type of radiation 
and in a certain energy range. Sensitivity depends basically on the probability of interaction of 
ionising radiation, the mass where it will interact, the noise or signal in the absence of 
radiation. 


A3.1: lonisation chamber 


A gaseous state detector or ionisation chamber consists of a container that is filled with gas at 
a certain pressure (Fig.A3.1). 


Voltage source 


Current 
measunng 
Incident device 
ionizing : 
radiation 


Fig.A3.1: Schematic of an ionisation chamber (Cherry 2012) 


Radiation causes ionisation of the gas, i.e. the separation of positive and negative charges from 
the originally neutral molecules. This ionisation occurs through the mechanisms of radiation- 
matter interaction explained in the previous chapter. For it to occur, it is essential that a 
threshold energy is exceeded, i.e. that the energy of the radiation is sufficient to remove an 
electron from the gas molecule. Table A3.1 shows the minimum values for ionisation to occur 
in the gaseous media used in ionisation chambers. 
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Table A3.1: Characteristic values for gases used in ionisation chambers. Wi is the minimum 
ionisation energy for ionisation chamber gases (LeRoy 2009). 


The ionisation energy is approximately between 10 and 25 eV to release loosely bound 
electrons. However, there are other mechanisms by which radiation can lose energy without 
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producing ionisation, such as excitation, which consists of moving an electron to a higher 
energy state but bound to the molecule without being expelled from it. 

This makes the average energy loss per ion pair (positive electron-ion) higher than the 
ionisation energy when non-ionising losses are taken into account. This W value (Table A3.1) is 
always higher than the ionisation energy and, in principle, depends on the type of gas, the type 
of radiation and its energy with values between 25-35 eV/ion pair. Assuming that W is 
constant for a given type of radiation, a photon of 140 keV will create until it stops a stream of 
about 4700 ion pairs and a photon of 511 keV a stream of 17000, so that the energy deposited 
will be proportional to the number of pairs formed. 
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Fig.A3.2 Successive ionisations until total energy absorption (Cerrito 2017) 


lonisation of the medium can occur in two ways. One is the direct ionisation produced by the 
incident or primary radiation, and the other is the secondary ionisation produced by the rays 6 
generated by a first interaction. The sum of both ionisations is called total ionisation. The 
number of ion pairs is given by 


n= ma [ion pairs/cm] 


where W; is the average energy needed to form an ion pair (Table A3.1) and AE the energy 
lost. This factor n does not vary appreciably for different gases. 

Once formed, the ions move according to their kinetic energy of thermal origin’®’ . For ions 
they are of the order of 10° cm/s and of~ 10° cm/s for electrons as they are of lower mass. 

The ions formed spontaneously tend to recombine to reach neutrality. If a voltage is applied 
between the electrodes, the positive charges are directed to the cathode and the negative 
charges to the anode, establishing a movement of charges, i.e. a certain current intensity is 
generated, which can be measured externally. 

Under the effect of this electric field, ions and electrons will accelerate along the electric field 
lines. The collective motion of the charges is given by the superposition of the drift due to the 
electric field and the random direction velocity of thermal origin. The velocity will depend on 
the magnitude of the electric field, as shown in Fig.A3.3, as well as on the gas. 


[ser , ; : . ; F 
2 yn =, where k is Boltzman's constant, T is the temperature and M is the mass of the particle (ion, 


electron). 
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Fig.A3.3: Drift velocity as a function of electric field for different gases (Cerrito 2017). 


A3.1.1: Voltage dependence 

The number of charges generated by ionisation depends on the type of radiation and gas (W) 
and the inter-electrode voltage. Figure A3.4 shows how the behaviour of the detector varies 
with increasing inter-electrode voltage. In nuclear medicine, voltages are used so that it works 
in the "ionisation chamber" or total ionisation zone, since it is in this zone where the number 
of ions detected, i.e. the electrical current generated is stable and proportional to the energy 
of the incident radiation for the same type of radiation (a ,B ory ). When a voltage V; is set, 
the response is stable with respect to the voltage and depends only on the energy. This current 
is also proportional to the rate, i.e. the number of particles per unit of time, which penetrate 
the chamber and generate the ionisation of the gas. 
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Fig.A3.4: Behaviour of an ionisation chamber according to applied voltage (From IAEA 2014) 
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If the voltage between the electrodes increases, the ions are increasingly accelerated, causing 
secondary or self-induced ionisations, so that they lose their dependence on the incident 
radiation and the gas in the Geiger-Muller zone becomes completely ionised, which can only 
detect the intensity of the radiation since it has lost all dependence on the energy of the 
ionising radiation. It is normally used as radiation monitors for radiation protection purposes. 
The "ionisation chamber" zone is a saturation zone, i.e. the voltage between electrodes is such 
that the entire gas is ionised from the interaction of a single incoming particle, there is no ion 
multiplication generated by the original or primary ions themselves, and the voltage is 
sufficient to prevent recombination (Fig.A3.5). 
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Fig.A3.5: Saturation zone of the ionisation chamber (Cherry 2012) 


Radiation is nothing more than a flow of energy or particles that will cause a succession of 
ionisations, which multiplies this "elementary current" by a factor that depends on the 
incident flux, in short, on the activity that reaches the detector. It is essential that the response 
time to an ionisation is as short as possible in order not to lose the "opportunity" to detect 
another particle, which results in a loss of sensitivity. 

Contrary to what one might think, the signals are not due to the charge but to the current 
generated by the movement of ions and electrons as they move towards the anode and 
cathode. A simple ionisation chamber has an electrical circuit as shown in figure A3.6. 
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Fig.A3.: Circuit equivalent to a simple ionisation chamber (Cerrito 2017). 


if there is no ionisation, the circuit is open and no current flows through the resistor R, while 
there is a potential difference Vy between the plates of the chamber. If ionisation occurs, 
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there is a movement of charges between the plates which induces charges on the electrodes 
that reduce the equilibrium voltage Vo) . A potential difference Vp appears on the resistor R, 
equivalent to the voltage drop between the plates. In other words, if the radiation creates a 
charge AQ on "the dielectric" or gas between electrodes, the charge due to the capacitance of 
the chamber has to decrease by this same value since there was originally an equilibrium of 
charges. This results in a voltage drop between the chamber plates. 


AV) = — 
Lae 


Therefore a measurement of AV) between terminals of R integrated over the measurement 
period gives an estimate of the ionisation. 

Once all the charge has been deposited, the system returns to equilibrium and Va— 0. The 
"recovery" time depends on the time constant RC, where C is the capacitance of the capacitor 
equivalent to the ionisation chamber. 

The production of ion pairs is a statistical process. If N pairs are produced on average for each 
incident particle, the associated theoretical uncertainty, when considered as Poisson, is given 
by 


o =AN=VN 


but in reality it is smaller, and has to be modified by the factor F’? where F, which is the Fano 


factor and varies between 0.16 and 0.31 depending on the type of incident particle and the 
medium (Leroy 2009) which will affect the energy resolution which is given by 


— ey ——_ - 


This reports that the ability to discern slightly different energies varies between 2.5 and 1.8 
times the resolution due purely to statistical (Poisson) fluctuations. 

These devices therefore require a very accurate and precise calibration to ensure that the 
activity deduced from the generated current is correct. This calibration is performed with 
standard sources and with prefixed geometry (shape, volume) and position with respect to the 
chamber to eliminate any dependence other than the energy or energies (in the case of 
photon-emitting radionuclides of different energy) of the source. 

For example, a chamber with a sensitive volume of 104 cm?, with a gas pressure of 1 atm, the 
saturation current caused by a source of “Co of 1uCi ((3.7 x 10° Bq) is of the order of 10° A 
which is about 5 times the current generated by the radioactive background. If one wishes to 
increase the sensitivity, i.e. the saturation current, the gas pressure can be increased. An 
increase to 20 atm involves multiplying this current by a factor of 20 (Knoll 2010). 

In nuclear medicine, only ionisation chambers are used in activimeters. 
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A4: Solid scintillation detector 


The energyy absorbed in material media is transformed in different ways depending on their 
nature, e.g. photographic emulsions change their chemical composition. In other cases, such as 
in shielding, the radiationy is completely absorbed and converted into thermal energy. There 
are compounds that have the property of absorbing photons of a certain energy (keV-MeV) 
and converting each of them into low-energy photons (Fig.A4.1). The energy of the latter is in 
the visible (or ultraviolet) light region, hence the name scintillation’’° and hence the name 
scintillation crystals or scintillators. 
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Fig.A4.1: Schematic of scintillation (Nikl) 


Photons of 140 keV have a wavelength of 9-10” m and photons of 512 keV have a wavelength 
of 2:10 m while visible light is from 4 to 7-10’ m corresponding to 2-3 eV photons. The point 
is to make the invisible visible, and scintillation crystals are used for this purpose. 

When a photony penetrates a scintillation crystal, it gradually loses energy through the already 
described mechanisms of the interaction of radiation with matter, which in nuclear medicine 
are limited to the photoelectric effect and the Compton effect (Appendix 2 ). These 
interactions cause the electrons of atoms and molecules to increase their energy. These 
excited electrons lose their excess energy by emitting many photons of much lower (visible) 
energy than the photon that gave rise to them (invisible). 

In a sense, a Scintillation crystal can be considered a wavelength shifter. It converts the energy 
(or wavelength) of an energetic photon (UV,X,y ) into a certain amount of photons of much 
lower energy (longer wavelength) in the visible or near-visible light range that can be easily 
detected by current light sensors (photomultipliers, photodiodes, avalanche photodiodes, 
SiPMs). 


”° These substances were used as early as 1903 by Crooks in an instrument called a spindariscope to 


visually detect the individual scintillations generated by alpha particles on a substrate coated with zinc 
sulphide (Segré 1972). 
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A4.1: Mechanism of solid scintillation in inorganic crystals 


A4.1.1: Structure of inorganic crystals 

The crystal structure consists of an ordered distribution of atoms (lattice) in which some 
electrons are bound to atoms and molecules and others are shared. The energy of the 
electrons is distributed in layers or bands, the highest energy bands being the valence and 
conduction bands. The electrons involved in the bonding of atoms have energy in the valence 
band, which is usually completely filled. In conductive materials, the conduction band contains 
electrons, whereas in insulators it is empty. The valence band has a lower energy than the 
conduction band. Between them lies the forbidden band, which means that there can be no 
electrons with energy inside its ends (Fig.A4.1.1). The existence of this band is explained by 
quantum mechanics. The width of the forbidden band is called the "gap" and varies with the 
type of crystal, but is around 2-6 eV. 


E 
Energy gap Forbidden band nerey 


Fig.A4.1.1: Schematic of energy band distribution 


A4.1.2: Conversion of photons y to electrons 

The energy deposited in the medium can excite numerous electrons in the valence and lower 
bands, giving them sufficient energy to move to the conduction or higher bands. The energy of 
the incident photons is transmitted by the photoelectric effect and/or the Compton effect, 
depending on their energy and the material medium. In both cases, electrons are generated 
whose energy is distributed as in Fig.A4.1.2, which qualitatively shows the primary distribution 
of the number of 
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Fig.A4.1.2: Energy spectrum of primary electrons generated by a photon beamy of energy E 
(from Birks 1964). 


electrons for each energy (spectrum) in the case where a monochromatic photon beam y of 
energy E is incident on a scintillation crystal. We see that the electrons produced by the 
photoelectric effect have the initial energy (E) minus the binding energy (B) of the layer from 
which they have been extracted (Tp=E-B). As it can be seen from Fig.A2.2.11 when taking into 
account the Ze of the scintillation crystals (Table A2.2.4), the photoelectric effect 
predominates at low energy for these materials. We see that photons that have undergone the 
Compton effect can have any value between 0 and up to a maximum value (Tmax) that 
corresponds to when the deflection angle of the incident photon is deflected by 180°. 

From this first interaction, ionisation occurs, both by the photoelectron through collisions and 
by the Compton effect. In other words, secondary electrons "released" by collisions with 
electrons in the medium are generated (Fig.A4.1.3). In effect, the photons deflected by a first 
Compton effect can undergo this same effect several times until an insufficient energy to 
create more ionisations and be absorbed as thermal energy. In turn, the gap created in the 
photoelectric effect is filled by an electron from a higher shell, releasing the excess energy in 
the form of X-rays, which can in turn undergo the Compton effect or eject electrons from the 
atom itself, which are called Auger electrons. ’”’ 
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Primary electron 


Fig.A4.1.3: Electron generation by electromagnetic radiation (Yanahida 2018) 


The result is that an incident photon has caused a certain number of electrons in the valence 
band to have more energy than they had and to move to the conduction band if this is 
sufficient. If they do not, they communicate their energy to the vibrations of atoms in the 
crystal lattice and return to the initial energy state. If they acquire sufficient energy, they move 
to the conduction band, from where they tend to lower their energy (de-excitation). This 
process of excitation and subsequent de-excitation occurs at a very short distance (um) from 


”7 If the final photons do not have sufficient energy to cause ionisation, they are absorbed by the crystal 


structure, so they are said to be "thermalised". 
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the path followed by the charged particles. In the end, a trail of electron-hole pairs is obtained 
from a photon, taking between 1 and 100 fs to be produced. 

Ideally, the incident photon would only undergo a photoelectric effect. In this way, only 
photoelectrons of the same energy would be created and therefore, barring fluctuations, a 
similar number of secondary electrons of similar energy would be generated. It follows that a 
property to take into account in scintillation crystals is their probability of producing a 
photoelectric effect, which for photons of 511 keV is shown in the following table (Table 
A4.1.1) 


Probability of | Na(I)TI BGO GSO LSO LYSO 
photoelectric 

effect 

(%) 17 40 25 40 42 


Table A4.1.1: Photoelectric effect probabilities for usual scintillation crystals for 511 keV 
photons. 


The denser a material is, the higher the probability of interaction, and if it has a higher 
probability of a photoelectric effect, the more photoelectrons will be generated. 

On the other hand, to ensure maximum photon-to-electron conversion efficiency, i.e. 
detection, the thickness of the crystal has to be a function of the distance a photon travels 
before being absorbed, which is called the mean free path and depends on the material and 
the energy. Figure A4.1.4 shows how this path varies practically linearly for Nal(Tl) in the 
nuclear medicine energy range with a steep slope, which means an important dependence on 
the energy. 
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Fig.A4.1.4: Photon mean free path (Grupen 2012) in which the nuclear medicine energy range 
has been marked. 


The average distance travelled by a photon in cm is obtained by multiplying the values in figure 


A4.1.4. by the density of the medium. Thus, for Nal(Tl) with a density of 3.67 g/cm? ,as can be 
seen from the detail of figure A4.1.4 above (Fig.A4.1.5) 
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Fig.A4.1.5: Detail of values in figure A4.1.4 for Nal(Tl) corresponds to the continuous trace. 
paths of approximately 0.5 cm for ”"Tc and 2.7 cm for 511 keV are obtained, which are 
approximately in agreement with the values in figure A2.2.14 indicating the Nal(TI) crystal 
thicknesses of the gamma cameras and their absorption capacity. 


A4.2: Conversion of electrons to low-energy (visible) photons 


So far, the conversion of energetic photons to electrons has been described and it has been 
shown that a photon is converted into a certain number of electrons with higher energy and 
into vacancies or holes in the band from which they have been extracted. The process of 
converting electrons to visible photons is described below. 

Pure crystals: Without the presence of foreign atoms and without deformations, the band 
structure is well defined. In this case, if an electron is sufficiently excited, it will pass to the 
next allowed energy, which is that of the conduction band or higher, creating a gap in the 
valence band. Excited electrons that have passed the forbidden energy band (gap) tend to 
"cool down" by coupling to the vibrations of the crystal lattice until they are in the lower part 
of the conduction band (Fig.A4.2.1). 
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Fig.A4.2.1: Schematic diagram of photon excitation in a crystal (Grupen 2012). 
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This unstable distribution due to excess energy is immediately "corrected" by shifting the 
electron from the conduction band to the valence band and emitting a photon of the same 
energy as the gap or forbidden band. The de-excitation photons have the appropriate energy 
to re-ionise the valence band, i.e. they are reabsorbed, and are therefore not externally 
"visible", i.e. the crystal is opaque to its own radiation. There are exceptional cases such as 
BGO, but it has a low light yield. 

Imperfections in the crystal structure or some impurities can cause alterations in the forbidden 
band that allow electrons to de-excite with energy lower than the forbidden one, emitting 
visible photons, as in the case of Nal without doping with TI. 


A4.2.1: Activated crystals 

To increase the probability of visible light emission during de-excitation, small amounts of 
impurities (ions) called activators are added to create energy levels within the forbidden band 
where the electron can lose energy (Fig.A4.2.2). These activators are called luminescence or 
recombination centres. 
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Fig.A4.2.2: Schematic of the creation of sublevels by triggers (Knoll 2010) 


The holes created with the energy of the valence band will quickly drift towards the activators 
and ionise them positively because the ionisation energy of the impurities is lower than that of 
the lattice atoms themselves. At the same time, the electrons migrate through the crystal until 
they encounter ionised activators. At this point, each electron binds to the activator, 
neutralising it, and the activator may have its own set of excited states (Fig.A4.2.3). If the state 
of the activator that has formed is an excited state with the possibility of transition to its 
ground state, this de-excitation will be very fast and with a high probability of emitting the 
corresponding photon. The activators are chosen so that this de-excitation takes place in the 
visible light region. 
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Fig.A4.2.3: De-excitation by summation of lower energy photons between the excited state of 
the activator Et1 and its ground state EtO (Grupen 2012). 


The average time that the luminescence centres take to de-excite is between 30 and 500 ns, 
this time being the half-life of the excited states. The half-life therefore characterises the 
temporal behaviour of the emitted light. There are scintillators with fast decay which is called 
fluorescence. If the decay is much slower, it is called phosphorescence and in many cases is the 
source of a background light or "afterglow" in scintillators. With some activators, it can happen 
that an excited state of the activator is forbidden to transition to the ground state. These 
states require an additional increase in energy in order to move to a transition-allowed state. 
One way to increase this energy is by thermal excitation (heating). 

There is still another possibility when the electron is captured by the activator. There can be 
excited states that de-excite without emitting visible light. This process is called "quenching" as 
it quenches or reduces the production of visible light. They represent, therefore, a mechanism 
of loss or reduction of usable light. 

A final possibility is that the electron-hole pair is held in a configuration that is called an 
exciton and moves freely until it encounters an activator in which excited states are produced 
as in the cases described above and give rise to visible light upon de-excitation (Knoll 2010). 

If the electron energy does not reach the ionisation threshold, then both the electron 
and the hole will lose energy by coupling to the vibrational modes of the crystal 
structure which does not translate into detectable light radiation. 
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A5: Properties and characteristics of scintillators - Light generation 


A5.1: Energy resolution 


The levels created by the activator are fixed, so that an increase in the energy of the incident 
photons has an impact on the number of photons emitted ("photon yield"), not on their 
energy, which is fixed by the atomic structure of the activator. However, they are not always 
emitted with a single energy, but have a certain distribution due to the different energy 
sublevels introduced by the activator. Figure A5.1.1 shows the possible energy levels of Nal(TI) 
and the different energies of the primary photons and electrons it can generate. 
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Fig.A5.1.1: Energy and de-excitation levels of Nal(TI) (Knoll 2010) 


The energy distribution of the scintillation photons or luminescence spectrum depends on 
each crystal and activator and is identified by the wavelength of its maximum. 

Table A5.1.1 gives the values of the maximum of the emission spectrum for the most 
commonly used crystals in nuclear medicine equipment, which is taken as the mean value. 


Maximum 


Na(I)TI 


BGO 


GSO 


LSO 


LYSO 


(nm) 


415 


480 


440 


420 


420 


Table A5.1.1: Mean values of the wavelengths of the emitted scintillation photons. 
These wavelength values correspond to the visible spectrum as follows (Table A5.1.2) 
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eV nm 


— 3.26 - 2.85 380 - 435 
7 2.85 - 2.48 435 - 500 
Cyan 2.48 - 2.38 500 - 520 
Green 2.38-2.19 520 - 565 
Yellow = 2.19 - 2.10 565 - 590 
Orange = 2.10 - 1.98 590 - 625 
Red 1.98 - 1.59 625 - 780 


Table A5.1.2: Relationship between colours, energy and wavelength (from Halas 
Nanophotonics Group-Rice University) 


Figure A5.1.2 shows the emission spectrum of Nal(TI) in which it can be clearly seen that the 
area of highest intensity corresponds to the violet-blue range. 
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Fig.A5.1.2: Emission spectrum of Nal(TI) (Cherry 2012) 


Figure A5.1.3 shows the spectrum of several scintillation crystals. 
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Fig.A5.1.3: Emission spectra of different crystals indicating the number of photons they 
generate as well as their energy dispersion for the same energy (L4 scintillators). 
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The bell-shaped (Gaussian) shape of these distributions is a consequence of the multitude of 
possible ways of de-excitation of the scintillation crystal (levels of the bands of the crystal 
lattice, of the activators, ...). We see that Nal(TI) has a lower dispersion than CsI(Tl), which 
directly influences the energy resolution of the crystals. Since the energy is translated into 
number of photons, the uncertainty in the energy and consequently in the energy resolution 
are derived from a count that follows a Poisson or Gaussian distribution. Hence, the relative 
uncertainty in the energy is 


Og = VN 


where N is the number of "visible" photons generated by a photon of energy E£. The resolution 
in energy as the width at half height (FWHM) relative to the energy will be, when considering a 
Gaussian distribution 
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Figure A5.1.4 shows that the higher the number of photons, the lower the value of R, which 
means higher precision in the energy determination. This is one of the factors that determine 
the use of one or other scintillation crystal. In this respect, the one that generates the most 
photons per unit of energy is better. As can be seen from the expression of R[%], the smaller 
the value, the less imprecision and therefore the better the resolution. The energy resolution 
is very important in spectrometry as it is what limits the ability to discern similar energies. In 
imaging equipment, it has a direct impact on the ability to generate images with photons 
coming "as directly as possible" from the emitting focus, in a way it is like guaranteeing the 
"purity" of the photons. Indeed, if a photon in the patient's body undergoes a Compton effect 
and subsequently hits the scintillation crystal, it will translate a lower energy than the one 
originally emitted. If the resolution is adequate, this "deflected" photon can be discriminated 
and rejected. If, already in the scintillation crystal itself, they are mistaken for "direct" photons 
because of the low resolution (high value), then they will contribute to the image with 
erroneous information about the position of their emission. As will be seen later, this 
resolution contributes to the energy resolution of the whole detector equipment combined 
with that of the light sensor. 

The dependence of the energy resolution on the luminosity (number of luminescence photons) 


for some scintillation crystals is shown in Fig.2.3.14. It shows the theoretical dependence as Tw 


where N is the number of luminescence photons generated by 662 keV photons. 
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Fig.A5.1.4: Energy resolution dependence for different crystals and its theoretical dependence 
(Dorembos 2010) 


It is observed that BGO has the worst resolution for 662 keV photons of '*’Cs, much worse 
than Nal(TI). For 511 keV photons, the energy resolution of the commercial crystals is given in 
Table A5.3, which corresponds to the 662 keV photons in the previous graph. 


Resolution E. | Na(I)TI BGO GSO LSO LYSO 


% 8 16 15 12 12 


Table A5.3: Crystal energy resolution for 511 keV photons. 
A5.2: Brightness 


At first glance, it would seem logical to think that the higher the number of activators, the 
higher the production of luminescence photons. This is true up to a certain concentration 
(Fig.A5.2.1), after which the production of scintillation photons stabilises. This behaviour 
indicates that more activators do not increase the amount of light, or that recalling the 
mechanisms of light production means that a small amount is sufficient for the number of 
electrons passing from the valence band to the conduction band, given the energy of the initial 
photons. 
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Fig.A5.2.1: Variation of the number of visible photons as a function of Tl concentration in 
Nal(TI) (Wernik 2004). 
Photon yield is defined as the number of photons of luminescence produced per unit of 
energy. This value depends primarily on the composition of the scintillation crystal and is one 
of the basic parameters that characterise them. 


Brightness Na(I)TI BGO GSO LSO LYSO 


photons/MeV | 38000 8000-10000 | 9000 25000 33000 


Table A5.2.1: Luminosity of crystals used in Nuclear Medicine 


The relation between luminosity and energy should ideally be proportional (more energy, 
more photons). Experimentally, it has been observed that, mainly at low energies, there is no 
such proportionality between the energy of the electrons giving rise to visible photons and the 
number of visible photons (Lecoq 2010, Birks 1964), as shown in figure A5.2.2. It shows that in 
the Nuclear Medicine region of interest between~ 100 and 500 keV Nal(TI) varies inversely 
proportional and that LSO and BGO, which are the standard scintillation crystals for PET, the 
number of photons varies appreciably with energy and in a non-linear way. Of course, in 
practice, this does not matter as the photons are always 511 keV. 
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Fig.A5.2.2: Relation between energy and luminosity (Lecoq 2010) 


In addition, inorganic scintillation crystals exhibit a discontinuity in their ability to "translate" 
photons to electrons because the photoelectric effect modifies the energy distribution 
abruptly by the discrete energy of the k, L,... layers for example, as seen in detail in A5.2.3. 
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Fig.A5.2.3: Luminescence for Nal(TI) at low energies (Knoll 2010) 
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A5.3: Conversion efficiency 


The efficiency € is defined as the ability to convert 1 photon of energy E into photons of 
luminescence and is given as the product of the efficiency of conversion of the incident energy 
into electron-hole pairs (1/k), the efficiency S of the transfer to the luminescent centres and 
the efficiency Q of the excited states of the activators in generating light. 


_E,:N _ E,:S-Q 


Ey k +E, 


The light output L (luminance) can be written as 


Ss. 
al 
k +E, 


where E,, is the average energy of the "visible" photons, N is the number of photons emitted, 
Eo is the energy of the incident photon, and E, is the energy of the forbidden band gap 


(Grupen 2012). 
For example, Nal(TI) produces about 40 photons/keV, with an efficiency of 12% at an average 
energy corresponding to 410 nm or 3 eV. 


A5.4: Temperature dependence 


The number of photons emitted, depending on the differences between energy bands - since 
everything is done at the molecular level - will depend on the temperature of the crystal 
(Fig.A5.4.1). As can be seen, there is a clear dependence on temperature, with an 
optimum temperature at which crystals generate the highest number of photons for 
the same energy. 
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Fig.A5.4.1: Variation of luminescence with temperature (L4 2017) 
As can be seen from the figure above, Nal(TI) has excellent brightness (~ 100%) at around 20- 
23°C, which corresponds to a "comfort" temperature for patients scanned in a conventional 


gamma camera. BGO crystals, on the other hand, have a luminous efficiency of about 40% at 
this temperature. 
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A5.5: Temporal behaviour of photon emission 


The photons emitted by the crystal can be emitted rapidly (fluorescence) in a time of the 
order of 10° s, which is the time of an atomic transition. Depending on the substance in 
question, phosphorescence can occur, which consists of a much slower re-emission, fromp s to 
hours. This is referred to as metastable excited states. In some cases, re-emission occurs at 
different rates, i.e. there is a fast and a slower de-excitation. Figure A5.5.1 shows the scheme 
of a decay towards the minimum energy state of the crystal in two components, one fast (f) 
and one slow (s), each having a characteristic time, which together form the overall response 
to an energetic photon. 


4 -? 
i@ she 7 452 @ 


being Tr y T, the decay time constants of each component and A and B related to the 
proportion of fast p; (A) and slow p, (B) decays. 


Na(I)TI BGO GSO LSO LYSO 


Time 250 300 56(90%),400(10%) | 47 36 
constant (ns) 


Table A5.5: Values of time constants of crystals in Nuclear Medicine 


From the values in the table above, it is clear that the crystals used in PET (LSO and LYSO) are 
much faster than Nal(TI), which will influence the time resolution of the instruments. GSO, 
which was only used in Philips equipment, has two very different decay times 56 ns and 400 
ns. BGO, traditionally used for many years, is "slower" and much cheaper to produce than LSO 
and LYSO. 

The first plot in figure A5.5.1 shows the outline of a double decay, one fast and one slow, and 
the shape of the joint emission which is the superposition of the two. The second plot shows 
an experimentally obtained mono-exponential decay. 
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Fig.A5.5.1: Schematic of a two-step decay and an experimental decay (L4+Nilk) 


A slow decay can cause a background, which results in incorrect energy by causing the queues 
of previous conversions to overlap with the new pulses. It is therefore important that the 
decay is as fast as possible. The schematic in Fig.A5.5.2 shows how the slow components are 
superimposed on the fast components of the new excitation pulses. In the example, the 
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excitations arrive at a rate of 1 every 50 us and the decay is such that after this time it has not 
yet become negligible. 


emission 


| ane | | excitation 


time 
Fig.A5.5.2: Pulse superposition scheme (Nikl). 


Time constants play a key role in determining temporal resolution, i.e. the ability to discern, or 
detect as distinct, two pulses close in time. High temporal resolution allows the application of 
time-of-flight (TOF) correction in the reconstruction of PET studies and a high count rate in 
general. 
The time characteristic of the scintillations depends inversely on the square of the transfer 
energy (A =hc/E), the refractive index of the crystal (n) and the intensity of the transition 
between energy states (J). Approximately it presents a relationship of the type (Henderson 
1989) 
72 
“« —— 
$a) 


which corresponds to the behaviour shown in figure A5.5.3, where it can be seen that the 
longer the wavelength (lower the energy), the time constant increases. That is, the greater the 
energy difference between excited and basal states (~ energy gap), the faster the decay rate 
(crystals emitting in ultraviolet are faster than crystals emitting in visible). 
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Fig.A5.5.3: Dependence of the decay time (t ) and its inverse (A =1/t ) on the transition energy 
(Yanahida 2018, Lempicki 1993). 


The time resolution also depends on the dispersion of the times at which the triggers decay. In 
first approximation the uncertainty is given by 


T 
Oo, X —= > FWHM = 2,35690, 
E. VN E 
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where T is the decay time constant and N the number of photons produced in a flash. 
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Fig.A5.5.4: Schematic of temporal resolution (Knoll 2010) 


The time constant tT is the average value of the decay time constants of each excited state. 
The decays are independent of each other, i.e. they do not affect each other (as in radioactive 
decay), so the decay time distribution of the N photons is modelled by a Poisson distribution’ 
which, because of the large number of photons involved, is close to a Gaussian distribution. 
The resolution is measured by the half-width at half-height FWHM, which is 2,356-0; . Given 
the values of N per unit energy of the scintillation crystals, in the nuclear medicine energy 
range, this value is not taken into account. Thus, for Nal(Tl) the FWHM for 140 keV is found to 
be 7.9 ns with respect to the 250 ns of t that corresponds to a relative uncertainty or precision 
of 0.4%. 

On the other hand, it is necessary to consider not only the decay times but also how the 
number of electrons that will generate the scintillations evolves over time. Figure A5.5.5 shows 
the different times it takes for the electrons to reach all the activators. It is noticeable that 
Nal(Tl) is much slower "to react" than LaCl3 , for example. 
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Fig.A5.5.5: Time to reach the maximum number of excited states for different crystals (Ter 
Weele2015) 


rowel 
N! 


128 


The expression from which the following is obtained o;, is: Py(t) = where f(t) = 


N(4 _ I(t)) which are the activators remaining to decay at instant t. 
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It is also interesting to see the time evolution of the decays as shown in A5.5.6 where it is clear 
that Nal(TI) is much slower than GSO, which was one of the crystals used in PET (Philips) and 
which has two decay times. 
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Fig.A5.5.6: Comparison of the decay of 3 crystals (Ter Weele 2015). 


It is worth noting the different response speed of these scintillation crystals with time 
constants of 250 ns (Nal(Tl) and 90ns (GSO) with those developed for future PET-TOF 
equipment and other applications requiring high response speed. Fig.A5.5.7 shows the decay 


of 2 ultrafast crystals with time constants of the order of half of the currently used crystals 
(LSO, LYSO). 
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Fig.A5.5.7: decays of ultrafast experimental crystals (Ter Weele 2015) 


The lower the time constant, the higher the activity, or in this context, the more flashes can be 
detected without distortion (at the correct energy) and the higher the saturation value or, 
equivalently, the more non-linearity with activity will occur at higher activities. Linearity has a 
very important impact on the accuracy of the quantifications of the studies. 


A5.6: Refractive index 


Since the final form of the information in a scintillation crystal is light, it is very important that 
the scintillation crystal be as transparent as possible to the light it generates. In addition to 
being transparent, its refractive index, which is the ratio of the speed of light in a vacuum to 
the speed in the medium, should be as close to unity as possible. 
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Na(I)TI BGO GSO LSO LYSO 


Refractive 1,85 2,15 1,85 1,82 1,81 
index 


Table A5.6: Refractive indexes of scintillation crystals used n Nuclear Medicine 


The light produced in the scintillation crystal is generated at any point inside the crystal in any 
direction in space (42 ). This means that the crystal has to be covered with reflective material 
over its entire surface except where the light sensor is attached. The reflections with the 
container walls, while preventing photons from escaping, increase the time between the 
emission of a photon of luminescence and its entry into the sensor. This causes a dispersion in 
the arrival times at the sensor. On the other hand, depending on the distance between 
emission and detection, the time of arrival at the sensor will also vary, which is equivalent to 
saying that in a predetermined interval of time the number of photons arriving at the sensor 
varies, causing an increase in the dispersion in the number of photons and, consequently, a 
worsening of the energy resolution. The energy resolution is affected by any cause that causes 
the number of photons to decrease at the sensor. 
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A6: Detection of scintillation light by photomultipliers 
A6.1: Optical coupling 
The flashes of light generated in the scintillation crystals must be converted into electrical 


signals for communication and manipulation, as this is currently the only commercially 
available technology that allows this. This translation is done by light sensors. 


Optical coupling 
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Light 
sensor 


lonizing Light 
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Fig.A6.1.1: Schematic of a scintillation detector (Modified from Med Phys 4R06/6R03) 


Light sensors are grouped into two types: photo multiplier tubes (PMTs) and photo diodes 
(PDs). The mechanisms of the two are completely different. 

Between the scintillation glass and the sensitive part of the sensor there must be a good 
optical contact to avoid loss of photons by reflection. In many cases this is achieved by means 
of a fluid (silicon optical grease) interposed between glass and sensor which prevents photons 
coming from the scintillation crystal to be reflected off the sensor window and back towards 
the scintillation crystal if the angle of incidence deviates too far from perpendicular. If the 
scintillation crystal is hygroscopic, as is the case with Nal(TI), the crystal has to be hermetically 
sealed, as it loses transparency if it becomes wet. In this case, instead of attaching directly to 
the sensor, there must be a transparent window enclosing the crystal to which the sensor 
attaches. Figure A6.1.2 shows how the scintillation glass of gamma cameras is shielded due to 
be highly hygroscopic. 


Scintillation 
Nal(TI) crystal light exits to Glass 
(typically 6- to PM tubes entrance 
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to hermetically seal material 
crystal 


Fig.A6.1.2: Schematic of the hermetic glass envelope in a gamma camera (Cherry 2012). 
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This interface is called light guide or optical coupling and has to attenuate the photons of the 
visible spectrum as little as possible. In some cases glass is used and in others polymethyl 
methacrylate (Perspex, Plexiglas,...) with a refractive index of 1.49 is used. A 6 mm thick sheet 
transmits 92 % of the light if the light is incident perpendicularly (reflectance~ 0). Figure A6.1.3 
shows how the reflection of visible photons varies as they deviate from the direction 
perpendicular to the optical coupling. Obviously something similar occurs if the scintillation 
crystal-sensor contact is direct. With good light collection, 30% of the luminescence photons 
reach the sensor. 


Reflectance at Air/PLEXIGLAS Sheet interfaces 


Fig.A6.1.3: Percentage of reflection by angle of incidence (Arkema 2016) 


It is important that the refractive indices of the scintillation crystal and the sensor are as close 
as possible to avoid surface reflections between the two. The same is true between 
scintillation crystal and coupling, and between coupling and sensor. These internal reflections 
cause photon loss and an artificial slowing down of the light pulses due to "bouncing" inside 
the scintillation crystal and the reflecting walls of the container. 

For photons incident perpendicularly from a medium with refractive index n, to another 
medium with refractive index nz , the proportion of the reflected energy is 


nN, —N>\2 
R=(— 2) 
ny + nz 


4n,Nn2 
(ny +72)? 


and that transmitted is 


T 


For Nal(Tl) of n, =1.85 and glass of nz =1.52, 0.96% is reflected and 99.04% is transmitted. For 
polycarbonate n2=1.49 and the reflected part is 1.16%. For BGO with n, =2.15 and glass the 
transmission is 97.05 %. 

On the other hand, they can only cross the gap between the two media if the angle of 
incidence is less than the critical angle which depends on the refractive indices of the media. 

In the case of Nal(TI) with air, it is estimated that about 8.4% escapes and is therefore 
transmitted (Birks 1964), whereas with glass it is 22.4% (Gupta 2013). In practice, an optical 
grease is used to increase the critical angle to about 90° and minimise the reflected part. 
Fig.A6.1.4 shows the inside of the detector head of a gamma camera. You can see how the 
sensors (photomultipliers) are in contact with the window of the glass container and you can 
see the brightness due to the optical grease between the two parts. 
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Fig.A6.1.4: Interior of a gamma camera head (DSX Sopha Medical) 
A6.2: Photomultipliers’”? 


They are the most widely used sensors in nuclear medicine, both in conventional scintigraphy 
and in molecular imaging (PET). Photomultipliers consist of two distinct parts. In the first part, 
the conversion of photons to electrons is carried out by means of a photocathode, and in the 
second part, the electrons generated in the first part are increased to obtain an electronically 
able to be processed pulse, which is the multiplier stage (Fig.A6.2.1). 


Incident light Focusing electrode Secondary electrons 


Primary electrons +Dynodes Tube 


conversion multiplication 


Fig.A6.2.1: Schematic of a photomultiplier (modified from Med Phys 4RO6/6RO03) 


° The word photomultiplier implies that it is a device for multiplying photons, which is totally false. It is 


a word that semantically does not correspond to reality, like, for example, neurotransmitters that 
should be called neurotransmitted since they simply cross the blood-brain barrier. A neurotrans... is 
alcohol, for example. 
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A6.3: Conversion of photons to electrons 


This conversion takes place in the photocathode which consists of a very thin film of 
photosensitive material deposited inside a vacuum tube and which by photoelectric effect 
converts the luminescent photons from the scintillation crystal into photoelectrons inside the 
phototube. 

The energy of the photons arriving at the photocathode does not depend on the "difficulties" 
they have had since they were generated in the scintillation crystal until they reach it (self- 
absorption, internal reflection, transmissions). Only their number has been reduced, but their 
energy profile has not changed. 

For an alkaline semiconductor photocathode, figure A6.3.1 schematizes the electron extraction 
mechanism where EG is the energy gap, EA is the affinity energy which is the interval between 
the valence band energy and the surface potential (vacuum level) barrier energy. 
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Fig.A6.3.1: Mechanism of photoelectron formation in a photocathode (from Hamamatsu 2007) 


It can be seen that the mechanism is equivalent to the first phase of scintillation. There, the 
electrons were routed to the activators where they were de-excited to generate light, and here 
the electrons escape from the solid by overcoming the surface potential barrier. 


A6.3.1: Conversion efficiency 

The detector efficiency Ep indicates the ability to convert scintillation photons into electrons. 
This parameter depends on several factors each related to the passage of fluorescence 
photons to the photocathode. 


Ep = Ep: A: Ep: Eg 


Ep is the photon collection efficiency from the scintillation crystal to the photocathode, A is a 
value (between 0 and 1) that depends on the coupling between the emission spectrum of the 
crystal and the sensitivity of the photocathode (Fig.A6.3.2). That is, the photocathode must 
have the highest sensitivity to photons from the scintillation crystal (A~ 1). 

Er is the efficiency of the photocathode, which depends on three factors that are a function of 
the wavelength of the fluorescence emission: i.e. the transmission capacity (transmittance) of 
the glass used in the manufacture of the vacuum tube and its thickness (since the 
photosensitive material is deposited on the glass), the photon absorption capacity 
(absorbance) of the photocathode and its thickness, and the quantum efficiency of the 
photocathode, i.e. the fraction of photons that generate a "viable" electron. E¢ is the 
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efficiency of directing electrons to the first electrode of the photomultiplier (dynode. see 
Fig.A6.2.1.). 
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Fig.A6.3.2: Sensitivity curves of 2 types of photocathodes (Bialkali and S-II9 superimposed on 
the emission spectra of different scintillation crystals (Knoll 2010). 


Fig.A6.3.3 shows how the transmittance of the tube glass varies with photon wavelength. It is 
interesting to note that there is a threshold wavelength of transmission depending on the 
composition of the glass. 
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Fig.A6.3.3: Light transmission by wavelength and crystal composition (Grupen 2012 ) 


A6.3.2: Focusing of primary electrons 


The photoelectrons or primary electrons are separated from the photocathode by an electric 
field that directs them towards the multiplier part (Fig.A6.3.4). 
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Fig.A6.3.4: Focusing of photoelectrons (Camanzi) 


These photoelectrons have an energy of about 1 eV. As shown in the figure above (A6.3.4), the 
photoelectrons have to travel paths of different lengths depending on where they are 
produced in the photocathode. This means that not all the electrons arrive at the first dynode 
at the same time, and therefore there is a small time dispersion in the generated pulse, which 
is added to the dispersion in the arrival time of the photons from the scintillation crystal to the 
photocathode. 

The amount of photoelectrons generated by the photocathode is proportional to its quantum 
efficiency for the average energy spectrum of the photons generated in the scintillation 
crystal. Figure A6.3.5-which is the same as A5.1.2-shows the photon spectrum for Nal(TI) with 
the maximum at 420 nm corresponding to 2.98 eV. 


Intensity (arbitrary units) 


Wavelength (nm) 


Fig.A6.3.5: Scintillation spectrum of Nal(TI) (Cherry 2012) 
For photocathodes with a maximum efficiency of 25-30%, taking Nal(Tl)=100% as a reference, 


8-10 photoelectrons are generated per keV of deposited energy, which means that the energy 
needed to create one photoelectron is 100-120 eV. 
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Suppose a photon y from ”Tc of 140 keV is incident on a Nal(TI) scintillation crystal which has 


a photon yield of 38 photons/keV. This y will produce about 53200 photons of about 3.0 eV 
(2.3-4.1) inside the crystal, which (mostly) go outside through the optical coupling window. 
The coupling has a transparency of 30%, so 15960 photons will reach the photocathode. We 
assume that the quantum efficiency of the photocathode is 30%, so 4788 photoelectrons will 
be produced at the photocathode. 

The same calculation for a positron emitter and a BGO crystal yields 4600 photons also of 
about 3 eV and 414 photoelectrons. 


A6.4: Electron multiplication 


In this stage, a group of 10’ - 10°° electrons is generated and collected at the output (anode) 
from each photoelectron. Each photon y is converted into as many electron "showers" as it has 
generated luminescence photons, resulting in a pulse (of electrical charge) that is proportional 
to the energy of the incident photon. The time required to generate a pulse from the 
generation of an electron at the photocathode to its output is about 20-50 ns and its width is a 
few ns (Fig.A6.4.1). 
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Fig.A6.4.1: Impulse generated by a photoelectron ( ET 2011 and modified from Petschke 2018) 


The multiplication is carried out by means of a chain of electrodes, called dynodes, which have 
a potential difference between them (Fig.A6.4.2). 
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Fig.A6.4.2: Multiplier structure in a PMT (Jian 2019) 
so that between the first dynode and the anode there is a high potential difference which, 


depending on the model, can be more than 1000 V. The dynodes can have different 
distributions (Fig.A6.4.3) although the one usually used in nuclear medicine is the focused one. 
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Fig.A6.4.3: Dynode structures. a: focused, b: compact, c: louver, d: box-and-grid (Knoll 2010). 


Electron multiplication takes place by collision, i.e., electrons from one dynode (primary 
electrons) are accelerated with sufficient energy towards the next dynode to cause the 
emission of 2 or 3 secondary electrons (Fig.A6.4.4). Electron generation occurs by extracting 
electrons from the valence band through the forbidden band, which is of the order of 2-3 eV. 
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Fig.A6.4.4: Scheme of multiplication mechanism (Hamamatsu 2007) 


Theoretically, about 30 electrons would be produced every 100V. However, the direction in 
which they are ejected is random, so many do not reach the surface of the dynode and others 
cannot overcome the potential barrier of the dynode surface to escape. If the energy of the 
incoming electron increases, the depth of excitation increases and the probability of escape 
decreases to a maximum because they are generated so deeply that on their way to the 
surface some of them lose energy and cannot overcome the surface potential (Fig.A6.4.5). 
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SEY (6) 


Eg/eV 
Fig.A6.4.5: Number of secondary electrons as a function of the energy of primary electrons (Xia 
To, 2017) 


These internal mechanisms of the dynode material mean that the working voltage must be 
optimised according to the material from which the dynodes are made. 

A first electron multiplication is established between the photocathode and the first dynode. 
Figure A6.4.6 shows how this gain varies as a function of the potential difference between the 


photocathode and the first dynode. 


Fig.A6.4.6: Gain between photocathode and 1st dynode for different materials (ET 2011) 
Figure A6.4.7 shows the dependence of the number of secondary photons on the potential 


difference between dynodes. All of them show an almost linear increasing behaviour - on a 
logarithmic scale - indicating a strong dependence on the voltage. 
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Fig.A6.4.7: Dependence of different materials of the number of electrons on the potential 
difference (Hamamatsu 2007) 


The number of electrons that a photomultiplier tube delivers at the output (N,) is a random 
variable that depends on a number of independent (or nearly independent) variables 


Ne = Ny + Ep-G 


where Ny is the number of photons in the scintillation, Ep is the overall efficiency for creating 
photoelectrons, and G is the gain or amplification factor of the sensor. In the case of a 
photomultiplier, the gain is theoretically the product of the amplifications at each dynode (gj), 
which, although not all must be the same, are considered to be the same for simplicity 


n 
G= | |s =g" 
i=1 


where n is the number of amplifier stages or dynodes and g such that G can be expressed as 
g” (Grupen 2012). 

Recall that the dependence on energy is implied by the number of photons in the scintillation 
Ny. lf the amplitude of the photon pulse is not high, the equipment will have a linear behaviour 
and will not saturate. In such a case the variables Ny, E, y G can be considered independent 
and the relative variance will be given by 


2 
== Ge) = (Ge) +a) +O) 
sS*=|(-—]} =(-—] +=) +(2— 
Ne Nr Ep g 
so that the -theoretical- resolution in energy of the detector equipment is given by 
R[%] = 2,35-100- Vs* = 235-s 
by assuming that the final amplitude distribution is Gaussian. N¢ as seen above depends on 
multiple factors such as the width of the forbidden energy band, the efficiency of electron 


transfer to the luminescence centres and the quantum efficiency of these centres. Its variance 
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On * is due to the Poisson character of the photon number, the intrinsic non-proportionality of 


f 
the scintillation crystal and the non-uniformity of the crystal due, for example in Nal(TL), to an 
uneven distribution of activators (Tl). Ep which groups all the steps from the emission through 
the crystal to the first dynode, has a variance that is due to the different directions in which 
the photons exit towards the optical coupling, the different reflections on the walls, the 
coupling Inhomogeneities, the photocathode Inhomogeneities and the path variations of the 
photoelectrons towards the first dynode. Finally, the variance in gain, assuming that the 
voltage between dynodes is constant, will depend on the intrinsic differences between 
dynodes, i.e. g is physically not unique. Furthermore, the secondary electron yield can be 
considered Poisson around its mean value so that its relative uncertainty decreases as the 
number of electrons increases at each step. It is shown that if the electron multiplication factor 
at each dynode is much larger than 1, the relative variance practically only depends on the 
variance at the first dynode. 

An example of the statistical nature of pulse generation in a photomultiplier is shown in figure 
A6.4.8 obtained using two light pulses of 100 photons each. The variability of the response 
shows the statistical character and, consequently, a source of noise in the photomultiplier 
response that determines its uncertainty and energy resolution. 


time base = 0 2us/div 
voltage = 5.0mVidiv 


pulse amplitude 


Fig.A6.4.8: Pulses generated by 100 photons (ET 2011) 


A "real" sample, i.e. without "controlled" light input, is shown in figure A6.4.9, which shows 
what the pulses generated by a detector with an LSO crystal and a photomultiplier look like. It 
can be seen that there is a band formed by the majority of pulses (corresponding to total 
absorption), plus a few pulses with higher amplitude, and a multitude of lower amplitude 
pulses corresponding to the Compton zone of the crystal. In addition to these fluctuations of 
direct physical origin (radiation-matter interaction), there are those of the detection in the 
photomultiplier, which are evident in the amplitude of the most numerous band, which, 
ideally, should be a line. 
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Fig.A6.4.9: Impulses generated by a photomultiplier (Wernick 2004) 


Figure A6.4.10 shows the display of the pulses recorded by an old gamma camera (PHO- 
Gamma V). Superimposed on the pulses is a box that was manually adjusted (vertical position 
"V" corresponding to the energy and height AV which is the acceptance window) to select the 
pulses to form the image. 


Fig.A6.4.10: Pulses generated by a gamma camera showing the pulse acceptance window 
(modified from Sorenson 1987 ). 


The operation of a photomultiplier is sensitive to the rate at which pulses reach it and its 
multiplication capacity can vary over time. Two phenomena have been observed that alter the 
performance of photomultipliers. The first is a significant alteration of the signal amplitude 
("shift") in response to sudden changes in the number of counts, which stabilises over time, 
not always at the primitive value. This is caused by an alteration of the dynode multiplication 
factor due to the Schottky effect and may take several hours to recover’. The second is a 


*° On one occasion, a 100mCi source of *Tc was mistakenly used instead of a 100 uCi source in a 


gamma camera calibration, a test that is performed without a collimator. It was only exposed for a few 
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drift of the amplitude with time ("drift") attributed to the alteration of the last dynodes by the 
bombardment of a large number of electrons, which causes the dissociation of the molecules 
that cover the dynodes, altering the value of the g-gain. This compromises the stability of the 
detector as a drift in the energy determination has serious consequences on the photon count 
of a given energy involved, for example, in imaging in both PET and SPECT. 


A6.5: Temporal behaviour 


The time required for photoelectron emission in the photocathode is very short (< 1 ns) as is 
the multiplication mechanism in the dynodes. This means that the time characteristics of the 
pulses are determined by the electron trajectories. 

The transit time of a photomultiplier is defined as the average time between the arrival of a 
photon at the photocathode and the subsequent "burst" at the anode. This time varies with 
the design of the multiplier stage and is between 20 and 80 ns. This value introduces a delay in 
the signal without other consequences. What is important is its dispersion as it determines the 
pulse width at the anode, i.e. how the electrons from a photon y hitting the anode are 
distributed over time . 

Figure A6.5.1 shows schematically a typical response of a photomultiplier 


Rate of 
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arrival Spread in 
at anode transit time 
4. 


0 Time 
Average electron | 


transit time 
Fig.A6.5.1: Dispersion of the pulse generation time (Knoll 2010) 


The focusing and acceleration zone of the electrons towards the first dynode is critical. The 
time depends on the distance to be travelled and is therefore different if the photoelectron is 
produced in the centre or in the periphery. These distances are clearly longer than the length 
of the orbits followed by the secondary electrons between dynodes. In some cases this is 
solved by using curved photocathodes and an optical coupling that fits the PMT on one side 
and is flat on the scintillation crystal side. 

On the other hand, the dispersion of the transit time strongly depends on the number of 
photoelectrons produced per pulse. If the distribution of possible transit times is assumed to 
be Gaussian, the relative dispersion decreases with the square root of the number of 
photoelectrons (Fig.A6.5.2), which is consequently reflected in its FWHM. 


minutes before the technician noticed the error. It took 5 days for the gamma camera to be ready for 
use after a complete recalibration. After that accident, the sources were prepared by the technical 
service staff of the gamma camera company. Without a radioactive source, the gamma camera 
produced images resembling aurora borealis! 
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Fig.A6.5.2: Transit time dispersion as a function of the number of electrons generated per 
photon (Knoll 2010). 


Consequently, the higher the brightness of the scintillation crystal, the lower the dispersion in 
the transit time. 

The dispersion attributable to the multiplier stage decreases as the voltage between dynodes 
increases due to an increase in the number of secondary electrons, so that the best 
performance is obtained by working at the limit of the voltage that the tube can withstand 
(Knoll 2010). 

On the other hand, it is interesting to mention that the variation of the gain and, consequently, 
of the current generated at the anode is a function of the rate, in short, of the frequency at 
which the detection occurs, which also depends on the material forming the dynodes as shown 
in figure A6.5.3. 


Fig.A6.5.3: Variation of gain and intensity according to the frequency at which the photons are 
incident (ET 2011) 
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It is interesting to obtain an estimate of the current intensity produced by the detection of a 
photon. Suppose that 1000 photons have been produced in the scintillation crystal, releasing 
1000 photoelectrons at the photocathode of a photomultiplier. Assume that the gain is 10° so 
that 10° electrons will be collected at the anode. 

Suppose that 10° photons per second are detected. In this case a current of 10° electrons will 
be produced in 10° seconds which, multiplied by the electron charge (1.6 10° C) results in an 
intensity of 0.016 mA. If we consider the maximum amplitude of a pulse of 5 ns duration, then 
the peak current is about 32 mA (Knoll 2010). 


A6.6: Graphical representation of recorded activity 


The histogram of the detected pulses is the energy spectrum. It consists of classifying each 
pulse by its amplitude, i.e. its voltage which is proportional to the energy of the photons that 
have been generated in the scintillation crystal. The ordinates indicate the number of photons 
detected with the corresponding energy of the abscissa. 


Fig.A6.6.1: Analogue display of the pulses and their spectral representation. All detected 
energies are shown in blue and the window or area of interest in red (modified from Sorenson 
1987). 


The spectrum clearly shows how the energy is distributed and reveals the different 
mechanisms involved in scintillation detection. Recall that the scintillation crystal is excited not 
only by primary electrons but also by secondary electrons to a lesser extent, which are subject 
to greater statistical fluctuations because they are scarcer. In the case of excitation by 
monoenergetic photons, the scintillations corresponding to the photopeak, i.e. the photons 
that have yielded all their energy to the crystal, are due to the photoelectric, Compton and 
Auger effects, each with different behaviour. This means that the spectrum does not have a 
single line but a whole energy distribution around the maximum corresponding to the energy 
of the incident photons, as shown in figure A6.6.1 above. This variability of values depends 
both on the energy of the incident photons and on the nature of the scintillation crystal. 
Another thing is the dependence on the detector size. In this case, the larger the crystal, the 
greater the probability that no photons will escape, so the relative importance in the number 
of counts between the photopeak and the rest of the spectrum will be greater (photons that 
only gave up part of their energy now give up all of it, and so become part of the photopeak). 
The ideal scintillation crystal would be one without scattering. 
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It is interesting to note the relationship between pulses and energy spectrum. Using the image 
in Fig.A6.4.9, which shows directly how the pulses are distributed according to their voltage, 
we can see the correspondence between the two (Fig.A6.6.2). 
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Fig.A6.6.2: Relationship between energy and pulse spectrum 


A6.7: Energy resolution of the scintillation detector 


Ideally, each photon y of the same energy should generate a pulse at the anode of the same 
amplitude. This is not the case for several reasons. One is that the number of photons 
generated in the scintillation crystal is not exactly the same for each photon y . Another factor 
is that the electrons ejected from the dynodes are not exactly the same for each incident 
electron. Another factor influencing the final pulse is the position at which the visible photon 
emission occurs. If the emission occurs close to the edge of the crystal, a loss of photons can 
occur. Also, if they are produced close to the edge of the photocathode, they will be delayed in 
reaching the first dynode because they have to travel a longer distance. The accumulation of 
these processes leads to a Gaussian distribution of the recorded pulses. 

The energy resolution of the detector assembly (crystal coupled to photomultiplier) R(E) 
depends on the resolution of the scintillation crystal Rc(E) and the resolution of the 
photomultiplier tube Rp(E) in the ordinary form of variance composition 


R(E)? = R(E)e + R(E)p 


being 


498 


, 5.567 5 
ica Nna (5 - i) 


in which N is the average number of photons incident on the photocathode at each decay, 77 is 
the quantum efficiency of the photocathode, a is the efficiency of focusing to the first dynode, 
and dis the electron multiplication factor at each dynode (assumed constant). Both 
resolutions depend on the energy of the incident photon, being R(E), inversely proportional 
to the energy E (Hamamatsu 2007). 


A6.8: Photomultiplier Derived Detectors 


From the basic structure of a photomultiplier, position sensitive photomultipliers (PSPMT) 
have been constructed, the most common schematic of which is shown in Figure A6.8.1. 
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Fig.A6.8.1: Schematic of position-sensitive photomultiplier (Hamamatsu 2007) 


We note that the electrons generated in the photocathode, instead of being directed towards 
the first dynode, are conducted to the input of "submultipliers" that cover the entire surface of 
the photocathode. In this way, information on the position of the scintillation is obtained. 

The distribution of anodes can be of various shapes and numbers. Figure A6.8.2 shows some of 
these distributions and the dimensions of each picture element (pixel) into which the 
photocathode is apparently "divided". 
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Fig.A6.8.2: Example of possible configurations of PSPMT (Hamamatsu 2007) 
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These devices can either be coupled to a single crystal covering the entire photocathode or to 
an array of scintillation crystals of the size of each parcel or anodes (Fig.A6.8.3). 


Fig.A6.8.3: PSPMTs coupled to an array of scintillation crystals and a single crystal (Hamamatsu 
2007) 


On the right, the transparency of the photocathode shows the matrix of the first dynodes and, 
in the photograph on the left, a set of scintillation crystals of the size of each pixel coupled to 


the photomultiplier. This type of photomultiplier has made it possible to build manual gamma 
cameras for sentinel lymph nodes and small detectors for animal experiments. 
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A7: detection of scintillation light by photodiodes 


An alternative to photomultipliers are solid-state light sensors called photodiodes (PD) and 
their derivatives APD and SiPM. 


A7.1: Types of semiconductors 


A photodiode is made by joining two semiconductor materials. To understand how they work, 
it is necessary to explain the energy distribution of electrons in a solid, a structure discussed in 
the discussion of scintillation crystals and recalled here. 

In a solid, electrons are grouped into energy bands according to quantum mechanics. Between 
allowed bands there are forbidden energy bands or intervals so that the electrons are confined 
in one of these “allowed” bands. An electron can only jump from one band to another if it 
receives enough energy to overcome the forbidden band. The origin of the energy bands are 
the allowed energies of the single atoms representing single values (K, L,... layers). If the atoms 
are grouped together to form crystalline structures, the interactions and overlaps between 
them cause the different layers to be grouped in bands of similar energy. Thus, for example, Si 
has 4 electrons in its outermost shell which it shares with neighbouring atoms as in a covalent 
bond between molecules, which alters the "strict" energy they should have if they were 
isolated. 

As explained in section A4, there are two important bands that determine the electrical 
behaviour of materials: the valence band and the conduction band. The valence band is the 
band corresponding to the most energetic electrons in the basal state. The conduction band is 
a band, initially empty, of higher energy than the conduction band and separated from it by a 
forbidden band . An electron in it can move freely through the material. It is this separation 
that determines the electrical character. If this separation is large, of the order of 7 eV, the 
material is insulating. If the two bands are mixed or overlapping, the electrons can easily 
switch bands, which gives rise to conducting materials. A third possibility is that the forbidden 
band is of low energy, of the order of 1 eV. These are the semiconductors that allow current to 
flow under certain conditions (Fig.A7.1.1). 
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Fig.A7.1.1: Schematic of energy bands in solids (Cerrito 2017 ) 


Indeed, if there is no thermal excitation, all the electrons are in the valence band and it 
behaves like an insulator. If an electron, for some reason, receives a certain amount of energy 
to overcome the small forbidden band, it will easily pass into the conduction band and behave 
like a conducting metal. In Si this energy is 1.12 eV and in Ge it is 0.75 eV. The passage of an 
electron from the valence band to the conduction band creates a hole in the electronic 
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structure which behaves like a positive charge. These would be intrinsic semiconductors. In 
these, thermal excitation can give an electron enough energy to leave the valence band, 
creating an electron-hole pair that behaves in a similar way to the positive electron-ion pairs 
that occur in ionisation chambers. 
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Fig.A7.1.2: Electronic structure of Si (Cerrito 2017) 


Electron-hole pairs diffuse through the crystal structure as a function of an external electric 
field. Figure A7.1.3 presents the electron and hole velocities as a function of electric field and 
temperature. 
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Fig.A7.1.3: Electron and hole velocity as a function of electric field and temperature (Cerrito 
2017). 


It is observed that, as the electric field increases, they tend to saturate due to collisions with 
the atoms of the crystalline structure and that for the same temperature the holes are 
significantly slower than the electrons’: . 

On the other hand, there are so-called extrinsic semiconductors in which the electronic 
structure has been modified by the addition of "foreign" atoms. Depending on their electronic 
structure, they will create energy sublevels within the forbidden band. Depending on the 


8! The interested reader can deduce from this graph what the mass of a hole might be like relative to 


that of an electron. 
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atom, or rather on the number of electrons in the valence band of the intruder atom, two 
different behaviours are obtained (Fig.A7.1.4). Indeed, if an atom with 4 electrons to share 
with its neighbours (silicon) is replaced by one with only 3 (e.g. boron), a vacant or electron- 
accepting structure will be created in order to reach equilibrium. This vacancy behaves as a 
slightly higher energy level than the valence band. Electrons in the valence band can easily 
jump to this energy level, creating a gap in the valence band. These are the p-type 


semiconductors. 
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Fig.A7.1.4: P-type semiconductor schematic (Cerrito 2017) 
If, on the other hand, atoms with 5 electrons (e.g. phosphorus) are introduced, there will be 


one electron left over which will be very loosely bound and can easily pass into the conduction 
band (of the order of 0.01 eV for Si). These are the n-type semiconductors (Fig.A7.1.5). 
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Fig.A7.1.5: Schematic diagram of n-type semiconductor (Cerrito 2017) 


Radiation passing through a semiconductor generates a "trail" of electron-hole pairs until the 
photon has lost all or most of its energy. This generates a quantity of charge carriers that 


allows detection. 
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The properties that semiconductors present with respect to other radiation sensors are 
several. They can be summarised in several qualities such as their density (2.33 gr/cm’ of Si) 
but more importantly, they have a lower energy requirement to be useful, i.e. Si needs, on 
average, 3.5 eV to create an electron-hole pair, which is of the order of 150 times less than 
that needed to start a photoelectron in a photocathode of a photomultiplier. This means that 
for the same number of incident photons, about 150 times more electrons will be released 
than in a photomultiplier tube, which has a direct impact on the energy resolution. The high 
density and extreme mobility of electrons and holes means that the time needed to obtain a 
usable signal is much shorter than in a photomultiplier, which has a direct impact on the time 
resolution, which can be less than ns. 


A7.2: p-n junction 

The standard configuration of semiconductor detectors is based on the junction of two 
semiconductors, one p-type and one n-type (p-n junction) usually on the same crystalline 
structure (usually Si). Between them, a small area is created with practically no charge 


carriers, with high electrical resistance and particularly useful for detecting radiation, which is 
called the depletion area. The p-n junction is called a diode Fig.A7.2.1 
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Fig.A7.2.1: Schematic of the p-n junction (Tipler2008) 


There are therefore three zones: one with an excess of electrons (n), one with a shortage of 
electrons or an excess of holes (p) and, between them, a "boundary" through which electrons 
can only pass if they have sufficient energy. The "p" zone with a shortage of electrons will tend 
to compensate for what it lacks and the "n" zone a "get rid of" what it has in excess, so there 
will be a tendency for negative electric tae (n) to pass towards the positive part (p) and vice 
versa, creating a small static electric field between both zones as they cannot overcome the 
barrier of the intermediate zone of high resistance ("They want to but they can't"). 

If a potential difference is applied, this device will behave in two very different ways 
depending on the direction of the electric field generated. If it facilitates the passage of 
charges, there will always be movement of charges, purely to try to establish a balance and 
pass a certain intensity through an external circuit. If, on the other hand, the electric field goes 
in the opposite direction ("retaining the charges"), the charges will have to overcome the 
energy barrier between the two materials by means of an external energy contribution in 
order to pass to zone p. This contribution can be provided by photons from an external 
irradiation (with a minimum energy greater than the band gap), so that current will pass 
between the two components. If they do not receive this extra input, there is no current flow. 
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Simplified, it would be like a switch that only allows current to flow if photons reach it. This 
behaviour is shown in the figure below (A7.2.2). Here it can be seen that if the p-side is 
connected to the positive pole ("forward bias"), the field provides the holes (positive charge) 
with sufficient energy so that there is "always" current. If the electrodes are reversed, the 
current stops flowing ("reverse bias"). 


pside onside 
Forward bias 


(b) No current 
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le 


pside nside 


Reverse bias 
Fig.A7.2.2: Behaviour of a diode depending on the electric field (Tipler2008) 


This behaviour therefore allows radiation with the appropriate polarisation to be detected, 
resulting in a photodiode. Figure A7.2.3 shows what can happen depending on the point where 
photon absorption occurs. It can be seen that the area in which there will be charge circulation 
(drift) is the depletion area, so it is in this area where the interaction should be attempted to 
occur, since in the recombination areas practically no current is generated. 
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Fig.A7.2.3: Schematic of possible photon interaction scenarios (Lecture 12) 


On the one hand, polarisation means that electrons and holes can move from one area to 
another as long as they are in the conduction band. And for them to be in the conduction 
band, they must have absorbed energy from a photon. 
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A7.3: Photodiodes 


lonising radiation penetrating the depletion zone will break the tense charge balance between 
p- and n-zones and under an electric field will create a charge circulation, i.e., an electric 
current pulse, which can be detected externally. 

The idea is that a photon is translated into electronic information. If one were to work with 
direct polarisation, it would always let current through, so there would be no information. 
Figure A7.3.1 shows how the output current varies with the applied voltage. For positive 
voltages there is always current, and for negative voltages there is only current above a certain 
voltage. There is a practically "insensitive" zone, i.e. the electric field is not sufficient to 
prevent recombination, but there is a threshold voltage above which the diode responds 
"generously" by successive ionisations. 
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Fig.A7.3.1: Current as a function of electric field (Tipler2008) 


As can be seen in figure A7.3.2, there is a "negative" threshold voltage above which there is a 
multiplier effect depending on the "inverse" voltage applied (breakdown). In fact, for values 
below the breakdown voltage, the behaviour is practically constant, so that a photon simply 
allows current to pass. In figure A7.3.2 is the area marked "photodiode" where the 
photodiode acts as little more than a switch. If the voltage increases, then the number of 
charges increases by secondary ionisations increasing with the voltage (avalanche zone) until 
the total ionisation zone is reached, this is called the Geiger-Muller zone because of its 
similarity to ionisation detectors. 
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Fig A7.3.2 Behaviour of the photodiode as a function of bias voltage (Stewart 2006) 
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Working in the avalanche zone, the current generated is proportional to the photon flux, and 
gains of 50 to 500 times the initial current are achieved. 
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Fig.A7.3.3: Schematic diagram of photodiode and its energy band structure (Lecture 12) 


The intensity generated by a photodiode as a function of the number of "valid" photons, i.e. 
with energy higher than the forbidden band energy, is given by the expression 


I, = eA(L, +L, +W)G 


where A is the area of the irradiated section, G the uniform photon flux, e is the electron 
charge, L,, ,L,,, W are the lengths of each zone as indicated in figure A7.2.6. Thus, the number 
of electrons per second created by diffusion in the p-zone is the GAL,’ , GAL, those generated 
in the diffusion zone n and AWG the number of charge carriers generated per second from the 
depletion zone. It follows immediately that the intensity is proportional to the flux. 

The current generated depends on obeys the expression 


eV 
I = Ig(eXT —1) 


which indicates that there is always a current /p (Saturation current) of thermal origin and that 
there is a strong dependence on the temperature T by means of the Boltzman constant K 
before entering the Geiger zone. Thus, the current generated in a photodiode for different 
photon fluxes can be schematised in figure A7.3.4 in which the current /, due to the 
photosensitivity whose expression has been obtained above is superimposed on the diode's 
own current. 


ev 
I = I)(eXT - 1) - I, 
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Fig.A7.3.4 : Different currents generated with different photon fluxesd (derived from Lect12). 


We see, then, that the current intensity, fixed at a potential V, depends on the photon flux and 
that, as mentioned above, above a certain voltage, the intensity does not depend on the 
amount of energy deposited by the photons, but simply acts as a fulminant to initiate the self- 
sustained discharge which must be rapidly attenuated (quenching) in order to continue 
counting photons. Indeed, when the applied voltage is sufficiently high to create a sufficiently 
intense electric field (> 5-10° V/cm) - breakdown voltage - a single photon can generate a self- 
contained, i.e. self-reproducing, avalanche, as in a Geiger-Muller detector. 

Macroscopically speaking, the ability to convert a photon into an electron-hole pair is given by 
the quantum efficiency which in this case should be understood as the probabilityn (A ) that a 
photon gives rise to a pair of charge carriers contributing to the current generated in the 
detector. This probability depends on the reflection probability R of the surface as (1-R) 
indicating the non-reflected ones, on the probability € that the created pair contributes to the 
generated current (no recombination) and on the probability that the photon is absorbed 
which depends on the attenuation coefficientu (A ) which in turn depends on the wavelength 
of the photond , and on the distance travelled d, i.e. the depth. These dependencies are 


mathematically formalised as 
(A) = (1 — R)(1 — 4) 


The diode must have a sufficiently large value of d so that the photon of wavelength A can be 
absorbed. This means that d> 1/u with u being of the order of 10° m” so that d > 1 um. The 
dependence of n on wavelength can be analysed by considering that the longest detectable 
wavelength A, is the one corresponding to the forbidden energy band (E, ). 


which depends on the semiconductor material. On the other hand, the minimum detectable 
wavelength is determined by absorption very close to the surface and by recombination which 
also occurs very quickly and close to the surface. For example, if Lis 10° -10° cm, most of the 
light is absorbed between 0,1 and 0,01 um. 

Figure A7.3.5 shows a photodiode, where the sensitive part is inside a capsule with a 
transparent window. The sensitive part is of the order of 1 mm? and is made of a small block of 
doped Si. Depending on the material, efficiencies of up to 70 % can be achieved. 
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Fig.A7.3.5: Photograph of a photodiode (Hamamatsu Photonics 2007) 
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A8 Photodiode-derived detectors 


A8.1: APD-Avalanche Photo Diode 

A photodiode working in the avalanche zone is often called SAPD (Single Photon Avalanche 
Diode), GM-APD or G-APD or simply APD. Once the avalanche has been triggered, the intended 
information is available and must be quenched so that the diode does not physically break 
down due to excessive intensity. For this purpose, for example, a passive element (electrical 
resistor) can be used to limit the voltage below the breakdown voltage. The time cycle is 
illustrated in figure A8.1.1 showing how the photodiode must recover after each detection. 


When the photodiode is at breakdown voltage, if there is no photon, nothing happens. If there 
is a photon, the intensity rises rapidly (signal) and then falls rapidly (quench) to return to a 


sensing condition (reset). 
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Fig.A8.1.1 Cycle for pulse formation 


Working in a Geiger area, a pulse is obtained for each photon, which can be schematised as in 
figure A8.1.2, showing what could be the detection of different photons over time. A G-APD 
detects only one photon at a time. It "only" detects its existence, neither its energy nor 


whether it is one or several "simultaneous" ones. The information provided is binary. 


Time (A.U.) 
Fig.A8.1.2: Impulses of equal amplitude generated by different photons of equal or different 


energy in an APD (SensL 2017) 


The depth or length of absorption depends on the energy (wavelength) of the photon 
(Fig.A8.1.3), which determines the physical dimensions that the photodiodes must have in 


order to detect them. 
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Fig.A8.1.3: Absorption length of a photon in silicon (SensL 2017). 


According to this figure, the photons generated by common scintillation crystals (Nal(TI), 
LYSO...) emitting with a wavelength of 415-420 nm, are absorbed at 0.2-0.3 m. Therefore, 
APDs of some um thickness can be fabricated. 

In addition to the basic p-n diodes, there are so-called p-i-n diodes in which an "Intrinsic" strip 
is interposed between the p-zone and the n-zone in order to increase the depletion area. This 
results in a larger photon-sensitive area and therefore an increase in the number of charge 
carriers (Fig.A8.1.4). 


Fig.A8.1.4: Schematic of a p-i-n diode. 
A8.2: SiPM- Silicon PhotoMultiplier 


To overcome the lack of proportionality of response with respect to the number of photons 
hitting a SPAD, since, for example, two simultaneous photons are detected as one, SiPM 
(Silicon PhotoMultiplier) devices have been developed to obtain a signal proportional to the 
incoming photon flux. These devices consist of an array of SPADs on a common silicon base 
connected together so that their responses are summed (Fig.A8.2.1) but each acts 
independently, i.e. they operate as if in isolation. Each SPAD has its own built-in quenching 
mechanism and can be extremely small, around 10-100 um in size. When all the signals are 
combined, the whole system behaves like an analogue proportional counter, hence the use of 
the word photomultiplier. When a photon flux is incident on the surface of this matrix, the 
number of activated pixels (which are SPADs) generates an output value that is directly 
proportional to the number of activated SPADs and thus to the incident photons. With these 
devices, signals of several mV are produced through a resistance of 50 Q , which means that 
no large amplification is required for processing. On the other hand, the thermal current 
generated is very low, lower than that generated by a photon, so there is practically no noise. 
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Fig.A8.2.1: Diagram of a SiPM (Vinogradov 2015). 


A SiPM consists of a large number of G-APDs of some tum. Their area is between 1 mm? and 10 
mm? and they can consist of between 100 and 1000 G-APDs and can be grouped to form 
detectors of larger area. . These G-APDs are very fast detectors, with a time resolution of 100- 
200 ps. An advantage is that they operate at low voltages, in the order of 50 V compared to 
vacuum PMTs, and can achieve a gain (multiplication) factor of 10°-10’ comparable to vacuum 
PMTs. The equivalent circuit of a basic SiPM follows the schematic in Figure A8.2.2, showing 
how the photodiodes are in series with the resistors for quenching. 


Vapp 
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Fig.A8.2.2: Equivalent circuit of a SiPM (modified from Vaseliev 2010). 


The dimensions and number of cells are very variable as well as the size of the G-APDs. Figure 
A8.2.3 shows a 1 mm SiPM consisting of 10x10 cells of G-APDs, each about 100 um on a side, 
and a4 mm SiPM with 10 um cells. 


Fig.A8.2.3: SiPMs of different sizes (Grupen 20 and Azosensors) 
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It is interesting to note that figure A8.2.4 shows how the sensitivity is not uniform as there are 
"dead" zones between the G-APDs, due to the quenching elements. 
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Fig.A8.2.4 : Active (red-yellow) and inactive (blue) areas of a SiPM (Grupen 2012) 


The generated signal is proportional to the number of activated G-APDs with the total 
collected charge Q being equal to 


Q=N,:G:q 


where WN, is the number of activated cells, G the cell gain and q the electron charge. The 
corresponding intensity is then the sum of the intensities of each G-APD, each of them being 


Aj,~ C; (V = Vr) 


where C; is the capacitance of each APD, V the working voltage (reverse bias), and Vr the 
breakdown voltage (Note that a G-APD is a Geiger zone photodiode). It should be noted that 
the number of activated cells N, is given by the expression 


N photons ‘QE 
Na = Nota (1 — € Neotat ) 


where Nio¢qi_ the total number of cells (G-APDs), Nynotons the number of photons incident on 
the sensor and QE the quantum efficiency of the sensor (Fig.A8.2.5). This expression is not 
surprising since it comes from taking into account that QE indicates the absorption probability. 
It shows that as the number of photons increases, the number of activated cells also increases, 
presenting a first zone of proportionality and then saturation as the photon flux increases. 
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Fig.A8.2.5: Relationship between the number of incident photons and the number of activated 
G-APGs for different models (Garuttia 2011). 


The overall quantum efficiency of a SiPM module depends on the quantum efficiency (QE) of 
the G-APDs, the fill factor and the probability of a photon triggering an avalanche. The 
individual QE in turn depends on the wavelength of the incident photons and the voltage 
above the breakdown potential (overvoltage) - figure A8.2.6. 
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Fig.A8.2.6: Dependence of QE (or PDE) on wavelength (energy) of photons and over-voltage 
(KeteK 2019) 


Figure A8.2.7 shows for a wavelength of 430 nm the behaviour versus the number of pulses 
and their duration for a given SiPM. We see that for fast light pulses (70 ps) the detector is no 
longer linear with a lower number of detections than if the pulses are slower (11s ) indicating 
that the SiPM is better coupled with a "slow" scintillation crystal, i.e. that the SiPM is fast 
enough to correctly process the successive "slow" pulses of the (Nal(TI)~ 250 ns) than a faster 
pulses of the LSO and LYSO (~ < 50 ns). 
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Fig.A8.2.7: Linearity vs. photon number of a SiPM (Ketek 2019) 


The geometric or fill factor must be optimised for each detector application by adjusting the 
size of the G-APD arrays and the size of the G-APDs. . Thus, for example, in the case of LSO 
crystals used in PET that produce a high number of photons of which 1000 or more are 
detected, a high number of small cell sizes (G-APDs) should be used to avoid saturation. The 
filling factor should be between 20% and 30%. 

Figure A8.2.8 shows the type of pulses that are generated when illuminated with short pulses 
of light. It can be seen that if several cells are activated, the output is the sum of the pulses. 
Thus, the signal corresponding to 2 p.e. (photoelectrons) is twice that of 1.p.e, and that of 3 
p.e. is three times that of 1 p.e. , etc. 


Fig.A8.2.8: Impulses generated by different number of photons (SensL 2017) 


The spectrum corresponding to these pulses is shown in figure A8.2.9, where the regular 
separation of the frequency peaks for each number of photons can be seen, and where the 
level of O photons corresponding to the background is much lower than that of 1 photon. Each 
peak (frequency histogram) indicates the number of events corresponding to O, 1, 2, 3.... 
photons. 
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Fig.A8.2.9: SiPM pulse spectrum (Sensl 2017) 


The recovery time of these devices, i.e. the time it takes for a SiPM to be able to detect again, 
is given by the expression of a standard RC circuit: 


RC RA +N-R, 


where Cy is the cell capacitance, R, the quenching resistance, N the number of cells, and 
R, external resistance in series with the sensor. The capacity of the G-APDs depends on their 
area, as they behave like a capacitor, so the time will be greater depending on the area, so it is 
greater for a cell of 50 um than for one of 10 um as the capacity of a capacitor is given by 


C= £08 F 


Where €&j is the electrical permeability of the vacuum g, is the relative permeability of the 
dielectric material between the plates of area A and separation between them d. 

Figure A8.2.10 shows the signal generated by a SiPM and how it is recovered, showing the 
typical exponential decay of a capacitor discharge through a resistor. 
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Fig.A8.2.10: Impulse of a SiPM (SensL 2017) 
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The rise time of a SiPM is ~ 1 ns and the recovery time is ~ 10 ns. Moreover, they have a 
quantum efficiency of about 20% similar to a vacuum tube photomultiplier and an insensitivity 
to magnetic fields of up to 15 Tesslas, which makes them usable in hybrid PET-IRM equipment. 
The quantum efficiency (QE) of a SiIPM depends on the efficiency of the G-APDs that form it 
and the fill factor. The fill factor is defined as the ratio between the total detector area and the 
sum of the areas of the APDs that form it, since there are gaps between cells and quenching 
elements that are inactive. These "dead" zones have a thickness independent of the size of the 
G-APDs, so by increasing the number of G-APDs while keeping the sensor area constant, the fill 
factor decreases as the number of cells increases (Fig.A8.2.11). 


No. of Microcells 


Fill Factor (%) 
Fig.A8.2.11: Relationship between fill factor and number of G-APDs (SensL 2017) 


A SiPM-based detector will have a structure similar to the schematic in Figure A8.2.12 where 
the PCB is the socket with the electronics into which the SiPM is inserted. 


Scintillation crystal: wrapped or coated 


SiPM: surface mount package 
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Fig.A8.2.12: Functional structure of a SiPM. 


Note that the end result is an analogue signal that is converted into a digital signal for further 
processing: a signal whose amplitude (volts) depends on the energy of the "energetic" photon 
and whose intensity (amperes) depends on the intensity of the radiation, as with 
photomultipliers. 
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A8.3: DPC- Digital Photon Counter 


As seen above, the response to a photon flux of a SiPM is a sequence of analogue binary 
pulses obtained by summing the responses of the excited cells or G-APDs, from which a digital 
signal of time and energy is obtained as a sum of photons, following the scheme of figure 
A8.3.1. 


SiPM Vbias Readout ASIC Digital 


Fig.A8.3.1: Schematic of a detector based on a SiPM (Philips DPC ) 
In contrast, the SiPM developed by Philips (DPC: Digital Photon Counter) consists of directly 


digitising each element of the SiPM according to the following scheme using CMOS elements 
(Fig.A8.3.2). 
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Fig.A8.3.2: Schematic diagram of a DPC detector (Philips DPC) 


This device can be seen in figure A8.3.3 whose structure is shown in detail in Figure A8.3.4. 


Fig.A8.3.3: Philips DPC with the output cable of the digital signals (Liu 2016) 
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Fig.A8.3.4: Substructure of each pixel (Liu 2016) 


It is worth mentioning that each pixel is made up of 3200 G-PADs plus the electronics needed 
to control them (Fig.A8.3.5). 
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Fig.A8.3.5: 4-pixel block in a DPC (Schaart 2016) 


which as can easily be seen differs strongly in complexity from an analogue SiPM (see figure 
A8.2.3). 

Such complexity has a direct impact on the "operational" performance of this sensor. Figure 
A8.3.6 shows the number of photons detected as a function of incident photon energy when 
the DPC is connected to a LYSO scintillation crystal. This curve is equivalent to that obtained 
for an analogue SiPM. 
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Fig.A8.3.6: Number of detected photons versus their energy (Liu 2016) 


As the energy increases, and the number of photons generated in the scintillation crystal 
increases for each energetic photon, the detector is not able to process them separately and 
becomes saturated. In the nuclear medicine energy range (0.1-0.5 MeV) this detector works 
satisfactorily but not linearly. That is, there is no proportionality between photon energy and 
number of pulses. 

The time resolution is directly involved in coincidence detection, which is the basis of PET. 
DPCs have dependencies on the number of activated cells and on the overvoltage with respect 
to the breakdown voltage (Fig.A8.3.7), so optimal combinations for maximum time resolution 
must be sought to distinguish coincidences. 
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Fig.A8.3.7: Dependencies on number of activated cells and voltage in DPCs (Liu 2016) 


The temporal resolution, still depending on the section of the scintillation crystal, is around 
170 ps, which reduces the imprecision, as will be seen later, of the point where electron- 
positron annihilation takes place. This temporal resolution is for the DPC as a whole, being of 
the order of 120 ps for the 4-pixel (dye) arrays and about 40 ps for each pixel, although these 
values vary strongly according to each model and photon flux intensity for a given temperature 
(Fig.A8.3.8). 
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Fig.A8.3.8: Dependence of time resolution on coincidence with photon number for two 
types of DPC (Schaart 2016) 


It is interesting to note how the time scale has decreased, as we speak of ps of temporal 
resolution (Fig-A8.3.9) versus ns and us ! 
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Fig.A8.3.9: Distribution of CPD times per pixel and overall (Haemisch 2012). 


The PDE conversion efficiency perfectly covers the response to typical nuclear medicine 
crystals (Fig.A8.3.10). 
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Fig.A8.3.10: Detection efficiency of DPC as a function of incident photon wavelength (Frach 
2009). 


The energy resolution with LYSO in these sensors is in the order of 10-11%, somewhat better 


than with conventional phototubes (Fig.A8.3.11) for 511 keV photons with a much faster time 
response. 
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Fig.A8.3.11: Energy resolution of a DPC according to position and global (Haemisch 2012) 
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AQ: Solid-state detectors-CZT 


Solid-state detectors are diodes sensitive to gamma radiation and X-rays, i.e., to photons of 
higher energy than the photodiodes used in the scintillation detectors described in the 
previous section. 

There are two types of solid-state radiation detectors, those that must operate at very low 
temperature (-70°C) to reduce the thermal background current but have excellent energy 
resolution and those that operate at room temperature and are used in clinical detectors such 
as gamma cameras and PET scanners. The former are the Ge(Li) and Si detectors used in 
spectrometry, the latter are the so-called CZTs described below. 

CZT solid-state detectors are made of a semiconductor material. lonising radiation can be 
detected directly - without scintillation crystals - by collecting the charge carriers (electrons 
and holes) generated by the energy imparted to the electrons in the semiconductor. 


Electron-hole 
pairs 


Fig.A9.1: Schematic diagram of a solid state detector (modified from Grupen 2012) 


For a semiconductor to be "sensitive" to ionising radiation, it is essential that it be absorbed. 
For this, the atomic numbers of its constituents must be high in order to promote the 
photoelectric effect (Fig.A9.2). It can be seen that for the nuclear medicine energy range, the 
dominant effect in these materials is the photoelectric effect, which is up to 100 times more 
important than the Compton effect. 

On the other hand, it is important that the density be high in order to favour the maximum 
number of possible interactions per unit volume. These dependencies are succinctly reflected 
in the expression 


_ ONap 
A 


im 


Where u is the linear attenuation coefficient, i.e. the probability of absorption of a photon, 
which depends on the effective cross-section o of the atoms of the material according to the 
energy of the incident photon, the density of atoms which is determined by the density 
(g/cm?), A the atomic mass (atom grams) and Ny, which is the Avogrado number indicating the 
number of atoms per atom-gram. 
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Fig.A9.2: Mechanisms involved in absorption for different semiconductors (Gonzalez 2007) 


Furthermore, to be "usable" at room temperature, it is essential that there are no free charges 
at this temperature (~ 20 2C). For this to happen, the width of the forbidden band must be 
greater than the thermal source energy at this temperature. These conditions are met by the 
compound formed by Cd;., ,Zn, Te (x: 0.04-0.20) called CZT. This compound has a band gap 
between 1.53 and 1.64 eV (Knoll 2010) depending on the proportion of Zn compared to 1.12 
eV for Si or 0.64 eV for HPGe (high purity Ge), which is why the latter must be cooled 
(Fig.A9.3). 
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Fig.A9.3: lonisation energy versus bandwidth forbidden energy (Gonzalez 2007) 


528 


On the other hand, the ionisation energy, i.e., the energy to create an electron-hole pair, has 
to be low to increase the number of electron-hole pairs for good energy resolution. Figure A9.3 
shows the optimal zone with a gap energy higher than 1.5 eV and an ionisation energy lower 
than 5 eV. CZT crystals meet both requirements. 

On the other hand, the crystals must be such that they absorb the maximum number of 
photons for the energies of interest. It is necessary to adjust the volume of the crystals to 
achieve the maximum total absorption of radiation, which is not always feasible (Table A9.1). 


% de fotones que depositan toda su energ ia en una lamina de CZT 


Energia del foton incidente (keV) 


ray 10 20 30 50 100 200 356 500 662 1000 1333 1500 2000 
0.1 99 73 54 3 6 1 0 0 0 0 0 0 0 
0.2 99 92: FF S&S 13 2 0 0 0 0 0 0 0 
0.5 99 99 90 S87 33 6 1 1 0 0 0 0 0 

1 99 99 91 92 57 12 3 1 1 0 0 0 0 
2 99 99 O1 92 81 #4224 6 3 2 1 1 1 1 
5 99 99 91 92 97 §2 18 9 6 3 2 2 2 
10 99 99 91 92 98 %FT7F 36 23 15 9 7 6 6 
20 99 99 (‘91 92 O98 94 63 45 34 23 18 17 15 
50 99 99 91 92 98 98 91 81 71 58 50 47 ot 


Table A9.1: Photon absorption rates by energy and crystal thickness of CZT (Gonzalez 2007). 


From these values it follows that for 140 keV photons a thickness of about 5-6 mm is sufficient 
while for 511 keV photons about 5 cm is needed as shown in figure A9.4. 
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Fig.A9.4: Relationship between efficiency and thickness of CZT for nuclear medicine (Del Sordo 
2009) 


This last graph shows that the main interaction mechanism is the photoelectric effect for 
photons of energy up to about 300 keV, after which the Compton effect becomes more 
important, decreasing the participation/probability of the photoelectric effect, an effect that 
coincides with that observed previously in figure A9.2. 

CZT crystals are small~ 0.1 cm? to 2.5 cm? due to the difficulty of obtaining crystals of adequate 
homogeneity and purity because the presence of foreign elements act as electrical charge 
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traps, as well as dislocations or cracks in their crystal lattice, which alter their performance 
(e.g. reducing their resistivity). Figure A9.5 shows some CZT crystals from one manufacturer. 


Fig.A9.5: Different types of crystals produced by eV-products. 


On the other hand, there are three basic types of connections to collect the generated loads 
(Fig.A9.6). 


(a) 


Fig.A9.6: Possible connection configurations a: planar b: co-planar c: multi-crystal where each 
crystal acts independently or multi-anode (Mirzaei 2017). 


Table A9.2 shows the values of the main parameters that determine the behaviour of the 
semiconductors used in solid-state detectors. 


lonization Dielectric 


Atomic energy constant 
Semiconductor number (Z) Density(gcm™*) Bandgap(eV) (eV/e-hpair) — (es/eo) 


Si é 
Ge 16 
GaAs 13.1 
CdTe 10.36 
Cdo9ZnoiTe (CZT) | 48/30/52 10.63 
Hgls 80/53 


Table A9.2: Crystal parameters of solid-state detectors at 3002K (Grupen 2012) 


The mobility (M ) of the charge carriers (electrons and holes) is another parameter that affects 
detection. Mobility is the speed with which the charges move within the semiconductor. The 
product Mt being Tt the half-life of the carriers is the average distance a charge travels before it 
is neutralised. If an electric field E is applied, the charges will move at a speed ME so the 
distance travelled will be A =MtE. The charges must have a sufficiently large > to reach the 
electrodes, which is a way of saying that their probability of recombination or absorption 
within the material is low. Consequently, the larger the 4 the higher the detection efficiency, 
i.e. the less charges "lost in the path". Table A9.3 shows these parameters for different 
semiconductors. 
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Electron 


iteleliieyg 

(cm?/V-s) 
Si >5x104 ~—‘| 1,500 450 >10-3 >10-3 
Ge 47 3,900 1,900 >10-3 >103 
GaAs w 10° >8,000 400 10-°-10-® 10-°-10-® 
CdTe 10° 1,050 100 3x 10-6 2x 10-® 
CZT 10" 1,350 120 10-6 5x10-® 
Hgl> 108 100 4 >10- >10-§ 


Table A9.3: Crystal parameters of solid-state detectors at 3002K (Grupen 2012) 


This table shows the values of the resistivity, values which indicate the importance of the 
leakage current. The higher the resistivity, the less "parasitic" current circulates (Ohm's law) 
for a given potential difference, or, in other words, the higher the voltage for the same leakage 
current, i.e. the higher the electric field. It is interesting to note that electrons and holes have 
different mobility. This is because the effective mass of holes is much larger than that of an 
electron. A hole is not a particle, but a vacuum of electrons that propagates within the crystal 
lattice as if it were a positive elementary particle. 

The generated charges have to be collected in order to form a pulse. The efficiency of this 
collection is a very important parameter ("Charge Collection Efficiency-CCE"). For a planar 
detector, such as a parallel planar armature capacitor (Fig.A9.6), it is the ratio of the charge Q 
collected in the external circuit to the charge generated by the incident radiation Qo. 


Cathode Anode 


Psa o , “lectrons 
°NOS 
ost 


Fig.A9.6: Planar CZT detector schematic (Del Sordo 2009) 


This parameter can be calculated by means of the Hecht expression which, in the absence of 
charge-trapping and in a uniform electric field, is given by 


_Q =A z Ne we 
CCE =~ =2(1-e%)+=(1-e%) 


Where A, and A, are the paths for the holes (A,;, ) and for the electrons (A, ) that depend on the 
electric field E. Note that CCE also depends on the position (x) where the photon interaction 
has taken place. This position is random so it increases the fluctuations of the induced charge 
Q which is reflected in a broadening of the peak in the energy spectrum. This peak is slightly 
asymmetric because fewer holes than electrons are detected due to the higher mobility of the 
latter. Consequently, this broadening of the absorption peak results in a loss of energy 
resolution (the dispersion increases with respect to the central value)*” . Figure A9.7 shows 


132 Once again, the expression (a-e) ) appears, which indicates the probability of not being absorbed 


when travelling a distance "a", where "b" is the probability of being absorbed per unit length. 


531 


the difference in the current generated by electrons and holes. Note that the difference 
between the two currents is about a factor of 10 for equal voltage. 
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Fig.A9.7: Current generated by electrons (a) and holes (b) in a semiconductor detector 
(modified from Mirzaei 2018) 


The leakage current depends on the charge carrier concentrations which in turn depend on the 
width of the band gap between the valence and conduction band and also on the temperature 
since the temperature of the material is the energy translation of the electrons in the valence 
band. If this energy is higher than the gap, they can jump to the conduction band, creating an 
electron-hole pair without the intervention of ionisation photons. 

The average ionisation energy in CZT is 5.0 eV, compared to 2.98 in Ge or 3.61 in Si. This makes 
the energy resolution not as good as in HPGe but better than in Nal(TI) crystals where it takes 
33.2 keV to eject an electron from the K-shell of iodine. For the same incident photon energy, 
many more electrons are generated in the conduction band the lower the energy of the 
forbidden band. Figure A9.8 shows how the energy resolution varies with photon energy. 
Particularly in the nuclear medicine range of interest, the resolution of CZT is about half that of 
Nal(Tl). 


25.0% 


20.0% 


/E 
a 
3 
= 


WHM. 


I 


10.0% 


) 250 500 750 1000 1250 1500 
Energy (keV) 


Fig.A9.8: Variation of energy resolution (FWHM/E) of Nal(TI), LaBr3 and CZT with energy 
(Alexiev 2008). 
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By modifying the type and form of contacts so that the signal consists mainly of electrons 
("single-carrier"), resolutions of up to 7 keV are achieved for 662 keV photons, i.e. 1% (Grupen 
2012). For *Tc, resolutions of 5% are obtained, whereas with Nal(TI) they are 10%. With 7 
mm CZT crystals, the same absorptions are obtained as with the standard Nal(TI) thickness 
(3/4"~ 19 mm) of the gamma cameras (Wernick 2004). 


A9.1 Energy resolution 


The energy resolution is given by the width at half-height of the pulse distribution which, in a 
semiconductor, is given by the following quadratic composition 


1/2 
FWHM = [FWHM poise 2 + (2,35VwFE) | 


where w is the average ionisation energy to produce an electron-hole pair (ionisation energy), 
E is the energy of the absorbed photon and F is the Fano factor that corrects the variance to 
normalise it to that obtained from a Gaussian distribution. F is of the order of 0.1 for CZT. Note 
that the second term assumes that the distribution of the number of electron-hole numbers 
generated by a photon of energy E that is w-E is distributed, according to a Gaussian. Again, 
the resolution depends on the number of events. 

In summary, and as described above, the final number of pulses depends on the mobility of 
the charges to reach the electrodes, the position at which ionisation has occurred and the size 
of the detector and the voltage (electric field) applied. It is also influenced by the presence of 
"traps" that sequester charges that should be detected, decreasing the number of pulses and 
thus the charge and voltage generated, and is therefore highly dependent on the chemical 
purity of the compound. Figure A9.9 shows how the spectrum varies with crystal size as the 
probability of photons being absorbed and "translated" varies. 


50 
Source: '°’Cs (662 keV) (a) 
T=300 K | 
No electronic corrections 1 


Normalized counts per channel 


Channel number 


Fig.A9.9: Spectra obtained for CZT crystals of different sizes. a: 4.7x4.7x9.5 mm?, b: 
6.5x6.5x13.0 mm? c: 7.8x7.8x15.6 mm? d: 11.0x11.0x22.0 mm3.The energy resolution is in 
each case: a: 0.9%, b: 1.1%, c: 1.2% and d: 2.4% (Grupen 2012). 
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From figure A9.9 it can be deduced that the higher the crystal, the worse the energy 
resolution, which is due to a greater dispersion in the collected charge. In effect, the length Lin 
the CCE expression, being in the denominator, implies that the greater the L the lower the CCE 
and therefore the greater the dispersion as the collected charge decreases (o ~ 7) where 
Q=N-e, N is the number of charge carriers in a given time and e is the electron charge. Note 
that the right-hand side of the photopeaks is much more "vertical" than the left-hand side 
because of the asymmetry in the detection of electrons and holes (Fig.A9.10). 
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Fig.A9.10: Total absorption peak with marked asymmetry (Se-Hwan Park 2008). 


To increase the response of these semiconductor diodes, an interposed electrode (Frish 
grating), which was developed for ionisation chambers (Knoll 2010, Montémont 2001), is often 
used to focus the electrons and thus increase the collected charge (Fig.A9.11). 


Yray Frisch grid 


(b) 


Induced Charge D 
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Fig.A9.11: Schematic of the Frish grid (Mac Gregor 1998) 


In the previous figure (A9.11), it can be seen how by intercalating the grid, a linear field is 
created, which recovers the charge until it practically reaches the charge generated by the 
photons. This same effect, i.e. the increase in charge at the anode, is also achieved by means 
of an electrode that surrounds the crystal (virtual frish grid), the manufacture of which does 
not involve any difficulty. Figure A9.12 shows the schematic and a crystal with such a ring. 
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Fig.A9.12: Schematic and crystal with virtual Frisch grating (Lee 2019, Bolotnikov 2012). 


Commercially available equipment with this technology allows resolutions of 1.7% to 2.5% for 
662 keV, which is a very interesting performance in spectrometry. 


Another way to obtain a single polarity (electrons) is to subdivide the anode into an array of 
small electrodes ("pixel electrodes") so that the pulse that the pixel collects is practically 
independent of the slow movement of the holes. This setup complicates the electronics 
needed (ASIC=Application-Specific-Integrated-Circuits) to read out each pixel individually in 
parallel. By subdividing the crystal into independent portions or "pixels", it is possible to 
compensate for non-uniformities in the electrical charge distribution due to variations in the 
concentration of the "traps" and imperfections in the crystal. Thus, by means of calibration, it 
is possible to correct electronically, by varying the gain of each "pixel", some of the effects that 
worsen the energy resolution. Moreover, this technique opens the door to 3D corrections by 
being able to deduce for each pixel the depth of interaction (DOI) that has its application in 
PET. This information can be obtained, for example, from the time at which the first electrons 
are detected and those that form the final pulse, by assuming that the drift velocity of the 
electrons is constant (Knoll 2010, Kim 2019). Equivalently, detectors are built with many tiny 
crystals, each with its own electronics, acting completely independently. Figure A9.13 shows 
the 64 energy spectra corresponding to an array of 8x8 crystals. 
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Fig.A9.13: Spectra for’’’ Cs obtained in a detector with 8x8 "sub-detectors" (Kim 2019). 
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These "mini-detectors", which are important in imaging equipment, make it possible to correct 
those defects which, already in origin, can "cloud" the image, such as the uniformity of 
response, since if the same energy window is used for all of them, as the spectra are different, 
differences in the number of counts are generated which do not correspond to the source of 
radiation. 

CZT-based detectors used in imaging are composed of arrays of small crystals (Fig.A9.14) such 
as those developed by Ge Healthcare. This schematic shows the array of crystals, each with its 
own Frish ring, and what they call the "alignment grid" which are the electrical contacts since 
they actually direct/align the electrons "in random directions" towards the anode in order to 
increase the charge and decrease the time. 


Cathode board 


Honeycomb 


CZT 


Teflon frame 


Ground electrode 


Alignment grid 
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Fig.A9.14: Structure of a solid-state detector (GE Healthcare) 


Each assembly is coupled to an ASIC constituting a basic detector or module (Fig.A9.15). A 
basic detector, e.g., as shown in Fig.A9.15., consists of 4 blocks of 64 CZT crystals as shown in 
Fig.A9.14. 


Fig.A9.15: Four-element module (Ge Healthcare) 


which in turn can be grouped together to form extended detectors as shown in the figure 
below (A9.16) which shows how elementary detectors are grouped together to 
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(a) Detector Crystal Unit: (b) Detector Crystal Array: (c) Detector Module: 
DCU, 4 cm? DCA, 32 cm? DM, 256 cm? 


Fig.A9.16: Schematic diagram of the modular construction of a solid state detector 
(google.com /search). 


The modularity is the basis for these detectors, as was the case with SiPM. 
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